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ABSTRACT
Millions of individuals suffer from gait impairments due to stroke or other neuro-
logical disorders. A primary goal of patients is to walk independently, but most
patients only achieve a poor functional outcome five years after injury. Despite the
growing interest in using robotic devices for rehabilitation of sensorimotor function,
state-of-the-art robotic interventions in gait therapy have not resulted in improved
outcomes when compared to traditional treadmill-based therapy. Because bipedal
walking requires neural coupling and dynamic interactions between the legs, a fun-
damental understanding of the sensorimotor mechanisms of inter-leg coordination
during walking is needed to inform robotic interventions in gait therapy. This dis-
sertation presents a systematic exploration of sensorimotor mechanisms of inter-leg
coordination by studying the effect of unilateral perturbations of the walking surface
stiffness on contralateral muscle activation in healthy populations. An analysis of the
contribution of several sensory modalities to the muscle activation of the opposite
leg provides new insight into the sensorimotor control mechanisms utilized in human
walking, including the role of supra-spinal neural circuits in inter-leg coordination.
Based on these insights, a model is created which relates the unilateral deflection of
the walking surface to the resulting neuromuscular activation in the opposite leg. Ad-
ditionally, case studies with hemiplegic walkers indicate the existence of the observed
mechanism in neurologically impaired walkers. The results of this dissertation sug-
gest a novel approach to gait therapy for hemiplegic patients in which desired muscle
activity is evoked in the impaired leg by only interacting with the healthy leg. One of
the most significant advantages of this approach over current rehabilitation protocols
is the safety of the patient since there is no direct manipulation of the impaired leg.
Therefore, the methods and results presented in this dissertation represent a potential
paradigm shift in robot-assisted gait therapy.
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PREFACE
The following dissertation is the culmination of four academic years of research in the
Human Oriented Robotics and Control Lab at Arizona State University. The research
performed during this time has currently resulted in 4 published peer-reviewed journal
articles and 5 published peer-reviewed conference proceedings. These contributions
are outlined in Appendix A.
Much of the work presented in this dissertation has not been published, and only
select portions from previously published articles are included in this dissertation.
The following chapters contain portions of these papers which are correspondingly
cited within the text. These portions from previously published papers have been
included, with permission, because they each contribute to the exploration of the effect
of walking surface stiffness on sensorimotor mechanisms of inter-leg coordination,
which is the subject of this dissertation. Permission has been granted for using
copyrighted material in this dissertation (see Appendix B), and all co-authors have
given permission to include material from co-authored papers (see Appendix C).
Chapters 1 and 2 provide an introduction and background to human locomotion,
inter-leg coordination, and gait therapy. Select ideas and sentences from several of the
aforementioned papers are used in these chapters and are appropriately cited within
the text.
Chapter 3 describes the development and characterization of a novel experimental
platform for investigating mechanisms of inter-leg coordination. Portions of this chap-
ter come from a journal publication in IEEE Transactions on Mechatronics (Skidmore
et al., 2015) and publications in the proceedings of the 2014 IEEE International Con-
ference on Robotics and Automation (Barkan et al., 2014) and the 2014 IEEE/RSJ
International Conference on Intelligent Robots and Systems (Skidmore et al., 2014).
x
Chapter 4 includes a series of experiments that detail the contralateral effect
in response to unilateral stiffness perturbations. This chapter comes from portions
of journal publications in IEEE Transactions on Neural Systems and Rehabilitation
Engineering (Skidmore and Artemiadis, 2015b) and Journal of NeuroEngineering and
Rehabilitation (Skidmore and Artemiadis, 2016a).
Chapter 5 provides an investigation into an identified sensorimotor mechanism
of inter-leg coordination, including the role of supra-spinal neural pathways. The
EEG portion of this chapter comes from part of a publication in the proceedings of
the 2016 IEEE International Conference on Robotics and Automation (Skidmore and
Artemiadis, 2016c).
Finally, chapter 7 presents three case studies with hemiplegic walkers. The section
detailing the third case study largely comes from portions of a publication in the
proceedings of the 2016 International Conference of the IEEE Engineering in Medicine
and Biology Society (Skidmore and Artemiadis, 2016b).
xi
Chapter 1
INTRODUCTION
Gait impairments due to stroke or other neurological disorders impacts millions
of individuals throughout the world and has become an important problem of the
21st century. Stroke is a leading cause of long-term disability with 795,000 new
strokes occurring each year in the United States alone (AHA, 2010; Langhorne et al.,
2011). Nearly 90% of stroke survivors require therapy but the majority of patients
only achieve poor functional outcome five years after the onset of stroke (AHA, 2010;
Barker-Collo et al., 2010). Since a primary goal of impaired patients is to walk inde-
pendently (Ditunno Jr et al., 2005), improved gait therapy will significantly improve
the well-being of millions of individuals.
1.1 Traditional Gait Rehabilitation
Neural plasticity, or the brain’s ability to learn and adapt, is believed to be the
basis for relearning after neurological injury (Kleim and Jones, 2008). Thus the aim of
gait therapy after stroke is to provide interventions that facilitate neural plasticity in
the brain (Belda-Lois et al., 2011; Pekna et al., 2012). Conventional gait rehabilitation
strategies are largely based on physical therapy where patients are guided through
walking practice in an effort to acquire the ability to produce gait patterns which
were lost after injury (Belda-Lois et al., 2011; Kleim, 2011). However, conventional
approaches to gait training do not restore a normal gait pattern in the majority of
stroke patients (Belda-Lois et al., 2011; Dohring and Daly, 2008). While the majority
of stroke patients achieve an independent gait after therapy, many do not reach a
walking level that enable them to perform all of their daily activities (Belda-Lois
et al., 2011; Flansbjer et al., 2005).
1
Moreover, traditional gait rehabilitation therapies are very labor intensive, often
requiring three or more therapists working together to manually assist and stabilize
the legs and torso of the patient during training (Dı´az et al., 2011). This fact severely
limits patients from receiving appropriate duration and frequency of training that are
critical for functional improvement after stroke (Kleim and Jones, 2008). Moreover,
this leads to higher costs and a financial burden for individuals and a country’s
healthcare system (Gelderblom et al., 2009). With an aging population and expected
shortages of health care personnel, there is a need for better solutions for providing
gait therapy (Gelderblom et al., 2009).
1.2 Robot-assisted Gait Therapy
Rehabilitation robotics is an emerging field in which gait training is largely auto-
mated, replacing the need for several therapists (Chang and Kim, 2013; Dı´az et al.,
2011). A benefit of robot-assisted gait therapy is that robots can perform many rep-
etitions with high accuracy, thus replacing the physical effort required of a therapist
and allowing more intensive, repetitive motions which are important for facilitating
neural plasticity (Kleim and Jones, 2008). A variety of robotic rehabilitation devices
have been developed in the last several years for gait therapy (Banala et al., 2007;
Hesse et al., 2000; Jezernik et al., 2003; Morbi et al., 2012; Peshkin et al., 2005; Vene-
man et al., 2007). However, there is no clear evidence that robot-assisted gait training
training is superior to conventional physiotherapy for either chronic or subacute stoke
patients (Chang and Kim, 2013; Hidler et al., 2009; Hornby et al., 2008; Mayr et al.,
2007; Pohl et al., 2007).
A limitation of the robotic devices used for gait therapy is that they do not con-
sider mechanisms of inter-leg coordination and how the sensory feedback from one leg
affects the motion of the other leg (Skidmore and Artemiadis, 2016a). Rather, the
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state-of-the-art devices, ranging from kinematically controlled exoskeletons (Mehrholz
et al., 2007) to impedance controlled orthotic devices (Blaya and Herr, 2004; Roy
et al., 2009), impose motion on the impaired limb. A recent review suggests that
utilizing inter-limb coupling in stroke rehabilitation therapies will lead to improved
functional outcome (Arya and Pandian, 2014). Therefore, a fundamental understand-
ing of underlying sensorimotor mechanisms of inter-leg coordination may facilitate
improved robotic interventions in gait therapy (Skidmore and Artemiadis, 2016a).
1.3 Sensorimotor Mechanisms
Investigation of the role of afferent feedback to gait control mechanisms of inter-
leg coordination usually involve sensory perturbations and the analysis of their effects
(Skidmore and Artemiadis, 2016a). Various platforms and protocols have been used
to investigate bilateral reflex mechanisms during different phases of the gait cycle
(Artemiadis and Krebs, 2011a,b; Dietz et al., 1989; Nakazawa et al., 2004; van der
Linden et al., 2007). While the majority of the experimental protocols focus on
over-ground walking and dropping of the supportive surfaces at distinct phases of
the gait cycle (Artemiadis and Krebs, 2011a,b; Nakazawa et al., 2004; van der Linden
et al., 2007), a few studies have utilized compliant surfaces in researching sensorimotor
mechanisms in human locomotion (Dixon et al., 2000; Ferris et al., 1999; Hardin et al.,
2004; MacLellan and Patla, 2006; Marigold and Patla, 2005; Moritz et al., 2004).
A significant limitation of all of the previously mentioned works is that the pre-
vious studies have failed to separate the mechanisms of inter-leg coordination from
that of balance support. Most studies do not even consider balance support. As
a result, mechanical perturbations and sudden load changes would have likely trig-
gered reflex mechanisms and vestibular responses to maintain balance and stability.
However, little is known whether the bilateral activations are exclusively caused by
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the mechanisms required for body stabilization and balance maintenance, or if it is
also brought about from inter-limb coordination and mechanisms of gait. This lack
of knowledge leaves a significant gap in our understanding of sensorimotor control of
gait (Skidmore and Artemiadis, 2016a).
1.4 Research objective
The objective of this research is to identify and model mechanisms of
inter-leg coordination in human gait by applying unilateral perturbations
to the walking surface stiffness, with the end goal of improving gait re-
habilitation for hemiplegic patients. Identification and modeling of mechanisms
of inter-leg coordination will lead to bilaterally informed robotic gait rehabilitation,
which can revolutionize current approaches to gait therapy. As opposed to simply au-
tomating existing gait training approaches, providing therapy through sensorimotor
mechanisms of inter-leg coordination represents a potential paradigm shift in robot-
assisted gait therapy. In this novel approach to gait therapy, specifically designed for
hemiplegic patients, desired muscle activity is evoked in the impaired leg by perturb-
ing sensory feedback of the healthy leg. A conceptual illustration of this approach
utilizing sensorimotor mechanisms of inter-leg coordination is shown in Figure 1.1.
One of the most significant advantages of this approach over current rehabilitation
protocols is the safety of the patient since there is no direct manipulation of the im-
paired leg (Skidmore and Artemiadis (2015a), c©2015 IEEE; Skidmore and Artemiadis
(2016c), c©2016 IEEE).
The rest of this dissertation describes the methods and results of the proposed
exploration of sensorimotor mechanisms of inter-leg coordination through unilateral
perturbations to walking surface stiffness. Chapter 2 provides an overview of human
locomotion, current approaches to rehabilitation, and a discussion of inter-leg coordi-
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Figure 1.1: Conceptual illustration of sensorimotor mechanisms of inter-leg coordi-
nation.
nation in order to establish the significance of this research. Chapter 3 describes the
development and characterization of a novel experimental platform for investigating
mechanisms of inter-leg coordination. Chapter 4 includes a series of experiments that
detail the contralateral effect in response to unilateral stiffness perturbations. Chap-
ters 5 and 6 provide an investigation and subsequent modeling of the sensorimotor
mechanism underlying the observed contralateral effect. Chapter 7 presents three
case studies with hemiplegic walkers which indicates the existence of the observed
mechanism in neurologically impaired walkers. Finally, Chapter 8 summarizes the
findings and impact of this research.
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Chapter 2
BACKGROUND AND RELATED WORKS
2.1 Human Locomotion
The ability to stand upright and walk is one of the defining characteristics and
unique abilities of humans. Locomotion results from intricate dynamic interactions
between a central program, the dynamics of the body, and feedback mechanisms
(Rossignol et al., 2006). The central program relies on central pattern generators
(CPGs) capable of generating the basic locomotor pattern (Dietz, 2003; Grillner,
2003; Guertin, 2009) and on various descending pathways that can trigger, stop, and
steer locomotion (Nielsen, 2003; Rossignol et al., 2006). The feedback originates
from muscles and skin afferents as well as from supraspinal senses (vision, audition,
vestibular) that dynamically adapt the locomotor pattern to the requirements of the
environment (Rossignol et al., 2006). Thus, the basic motor pattern for stepping
is generated in the spinal cord, while fine control of walking involves various brain
regions, including cerebral motor cortex, cerebellum, and brain stem (Dietz, 1996).
A simplified diagram of human locomotion is shown in Figure 2.1.
2.1.1 Supra-spinal neural circuitry
Recent work has stressed the importance of descending inputs from motor cortex
in shaping the CPG function and particularly in guiding post-lesional plasticity mech-
anisms (Yang and Gorassini, 2006). In fact it has been shown that for over-ground
walking, a spinal pattern generator does not appear to be sufficient. Supraspinal
control is needed to provide both the drive for locomotion as well as the coordina-
tion to negotiate a complex environment (Choi and Bastian, 2007; Christensen et al.,
2000a; Forrester et al., 2008; Grillner et al., 2008; Kuo, 2002; Nielsen, 2003; Norton,
6
Figure 2.1: Simplified diagram of interactions between the central program and
sensory feedback mechanisms with regard to human locomotion.
2010; Petersen et al., 2012; Rossignol et al., 2006). The latter is further supported
by neuroimaging studies showing that rhythmic leg movements recruit the primary
motor cortex (Dobkin et al., 2004; Luft et al., 2002; Sahyoun et al., 2004; Wieser
et al., 2010). Electroencephalography (EEG) has been informative in recording of
brain activity during walking by showing that measured brain activity is coupled to
the gait cycle phase (Gwin et al., 2011), suggesting distinct neural networks for feed-
forward and feedback control (Presacco et al., 2012), and correlation with kinematic
parameters of gait (Fitzsimmons et al., 2009).
The role of supraspinal centers on gait parameters has also been studied with
transcranial magnetic stimulation (TMS) (Christensen et al., 2001; Petersen et al.,
1998, 2001) and by frequency and time-domain analyses of muscle electromyography
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(EMG) during gait (Molinari, 2009; Yang and Gorassini, 2006). Results from these
two different approaches suggest that improvements in walking are associated with
strengthening of descending input from the brain (Dollar and Herr, 2008).
2.1.2 Spinal neural circuitry
Substantial research has indicated that spinal cord contains neural circuitry ca-
pable of creating cyclical flexion/extension motor patterns independent of sensory
feedback or supraspinal input (Dietz, 2003; Duysens and Van de Crommert, 1998;
Grillner, 2003; Guertin, 2009; Yang et al., 2004). In his highly influential work, Grill-
ner (2003) defined these central pattern generators (CPGs) as networks of nerve cells
that generate movements and enclose the information necessary to activate different
motor neurons in the suitable sequence and intensity to generate motor patterns.
The three key principles that characterize CPGs are the following: (a) the capacity
to generate intrinsic pattern of rhythmic activity independently of sensory inputs;
(b) the presence of a developmentally defined neuronal circuit; (c) the presence of
modulatory influences from central and peripheral inputs.
2.1.3 Body Dynamics
In general, the human leg can be thought of as a structure with 7 degrees of
freedom (DOF), with three rotational DOFs at the hip, one at the knee, and three at
the ankle. Figure 2.2 (from Dollar and Herr (2008)) shows a description of the human
anatomical planes (left) as well as a kinematic model of the human leg in the sagittal
plane (right), which is the dominant plane of motion during human locomotion. In
this dissertation, joint motion is only considered in the sagittal plane and is referred to
as flexion (positive direction) and extension (negative direction) for the hip and knee
8
Figure 2.2: Description of the anatomical planes (left) and diagram of the leg shown
with all joints at 0 degrees with the positive direction indicated (right), (from Dollar
and Herr (2008)).
joints and dorsiflexion (positive direction) and plantarflexion (negative direction) for
the ankle joint (Dollar and Herr, 2008).
The human walking gait cycle is typically represented as starting and ending at the
point of heel strike on the same foot, with heel strike on the adjacent foot occurring
at approximately 62% of gait cycle. Figure 2.3 (from Dollar and Herr (2008)) shows
a simplified diagram of one gait cycle, with terms that will be used throughout this
dissertation. The timing of the labeled events during the gait cycle is approximate
and varies across individuals and conditions (Dollar and Herr, 2008).
2.2 Gait Rehabilitation
The goal of rehabilitation exercises is to perform specific movements that facil-
itate neural plasticity in order to improve motor recovery and minimize functional
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Figure 2.3: Human walking gait through one cycle, beginning and ending at heel
strike. Percentages showing contact events are given at their approximate location in
the cycle (Dollar and Herr, 2008).
deficits (Dı´az et al., 2011). The rehabilitation process toward regaining a meaningful
mobility can be divided into three phases: (1) the bedridden patient is mobilized into
a wheelchair as soon as possible, (2) restoration of gait, and (3) improvement of gait
through walking exercises (Carr and Roberta, 1982; Chan et al., 2006; Schmidt et al.,
2007). Thus, movement is a key to rehabilitation of gait impairments.
2.2.1 Conventional Approaches
Traditional therapies usually focus on treadmill training to improve functional mo-
bility (Dı´az et al., 2011; Wernig et al., 1995). This rehabilitation technique known as
body-weight-supported treadmill training (BWSTT) has been widely used and stan-
dardized for rehabilitation of patients with gait impairments (Behrman and Harkema,
2000; Hesse et al., 1995). In this technique three therapists assist the legs and hip of
the patient walking on a treadmill while part of the patients body weight is supported
by an overhead harness (Dı´az et al., 2011). A picture (from Helen Hayes Hospital,
West Haverstraw, New York, USA) demonstrating BWSTT is shown in Figure 2.4.
The advantages of BWSTT include adequate mobility of the walker, partial body-
10
Figure 2.4: Body-weight supported treadmill training. (Picture from Helen Hayes
Hospital, West Haverstraw, New York, USA).
weight support, as well as controlled experimental environment equipped with many
monitoring devices (Skidmore and Artemiadis (2016c), c©2016 IEEE). However, this
traditional rehabilitation therapy is very labor intensive which limits the amount of
training that the patient receives. Moreover, while some progress is made for many
patients using this technique, one third of surviving stroke patients do not regain
the ability to walk independently and those who are ambulatory, walk in a typical
asymmetric manner (AHA, 2010).
2.2.2 Robot-assisted Gait Training
Many robotic systems have been developed with the aim to automate and improve
gait training (Banala et al., 2007; Galvez and Reinkensmeyer, 2005; Hesse et al., 2000;
Jezernik et al., 2003; Morbi et al., 2012; Peshkin et al., 2005; Veneman et al., 2007).
Not only will automating existing therapies reduce the required manual labor of ther-
apists (Galvez and Reinkensmeyer, 2005), but it will also facilitate more intense and
repetitive training sessions that are important for stimulating neural plasticity (Kleim
and Jones, 2008) which is the basic mechanism underlying improvement in functional
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outcome after stroke (Belda-Lois et al., 2011; Pekna et al., 2012). While other groups
of robotic systems for gait training exist (such as overground gait trainers (Goffer,
2006; Kawamoto et al., 2009; Peshkin et al., 2005)) and stationary gait trainers (Bouri
et al., 2009; Homma et al., 2003; Schmitt and Me´trailler, 2004)), only treadmill-based
rehabilitation devices will be presented here because of the direct relationship with
the treadmill experiments presented in this dissertation.
2.2.3 Treadmill-based Gait Trainers
Treadmill-based robotic training devices are mostly a combination of a body-
weight support system, an exoskeleton type robot, and a controllable treadmill (Dı´az
et al., 2011). Table 2.1 (adapted from Dı´az et al. (2011)) summarizes the systems
available in literature. Of the ten systems shown in the table, only three of them have
been commercialized: the Lokomat, the LokoHelp, and the ReoAmbulator.
Commercial Systems
The Lokomat (Hocoma), shown in Figure 2.5, is the most clinically evaluated robotic
gait-training system and arguably the most well known system of its type (Dı´az
et al., 2011). It consists of a robotic gait orthosis, a body weight support system,
and a treadmill. It uses computer controlled motors at each hip and knee joint that
are precisely synchronized with the speed of the treadmill to assure a precise match
between the speed of the gait orthosis and the treadmill (Colombo et al., 2000).
The LokoHelp (LokoHelp Group), shown in Figure 2.6, is an electromechanical
device developed for improving gait after brain injury (Freivogel et al., 2008). The
LokoHelp is placed on the treadmill and fixed to the front of the treadmill with a
clamp. A body weight support system is also included to provide body weight support
for the patient.
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Table 2.1: Robotic systems for treadmill gait training (adapted from Dı´az et al.
(2011))
Robotic system Company Reference
Lokomat Hocoma Colombo et al. (2000)
LokoHelp LokoHelp Group Freivogel et al. (2008)
ReoAmbulator Motorika Ltd. West (2004)
ARTHuR - Reinkensmeyer et al. (2002)
POGO and PAM - Reinkensmeyer et al. (2006)
ALEX - Banala et al. (2007)
LOPES - Veneman et al. (2007)
ALTACRO - Beyl et al. (2008)
RGR - Pietrusinski et al. (2010)
String-Man - Surdilovic and Bernhardt (2004)
Figure 2.5: Lokomat by Hocoma.
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Figure 2.6: LokoHelp by LokoHelp Group.
The ReoAmbulator (Motorika Ltd.), shown in Figure 2.7, is another commercial-
ized body-weight-supported treadmill robotic system. Robotic arms are strapped to
the patient’s legs at the thigh and ankle and drive the legs through a prescribed
walking pattern (West, 2004).
Systems Under Development
Other robotic systems for gait rehabilitation are still in a state of research or under
development (Dı´az et al., 2011). The Biomechatronics Lab at the University of Cal-
ifornia has developed several robotic devices for locomotor training after spinal cord
injury. These include the Ambulation-assisting Robotic Tool for Human Rehabilita-
tion (ARTHuR), a device designed to measure and manipulate human stepping on
a treadmill (Reinkensmeyer et al., 2002); the Pneumatically Operated Gait Orthosis
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Figure 2.7: ReoAmbulator by Motorika Ltd.
(POGO), an improved leg-robot design; and the Pelvic Assist Manipulator (PAM), a
device that can accommodate and control naturalistic pelvic motion (Reinkensmeyer
et al., 2006).
The Active Leg Exoskeleton (ALEX) is a powered leg orthosis with linear actuators
at the hip and knee joints. The device implements an assist-as-needed approach by
providing assistance to the patient based a force-field controller that minimizes the
error from a target motion (Banala et al., 2007).
The LOwer-extremity Powered ExoSkeleton (LOPES) is a gait rehabilitation robot
that can move in parallel with the legs of a person walking on a treadmill. Bowden-
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cable driven series elastic actuators reduce the moving mass on the exoskeleton by
separating the motors from the frame (Veneman et al., 2007).
The Automated Locomotion Training using an Actuated Compliant Robotic Or-
thosis (ALTACRO) rehabilitation exoskeleton is a step rehabilitation robot that uti-
lizes lightweight, compliant, pneumatic actuators. The device consists of a unilateral
exoskeleton and a supportive arm that passively gravity-balances the device (Beyl
et al., 2008).
The Robotic Gait Rehabilitation (RGR) Trainer uses an impedance control strat-
egy and a linear electromagnetic actuator to apply a force field to correct secondary
gait deviations in pelvic motion. The device is coupled to the patient via an orthope-
dic brace which interacts with the patient in a way that mimics the interaction with
a therapist (Pietrusinski et al., 2010).
Finally, the String-Man (Surdilovic and Bernhardt, 2004), is a unique robotic
system for supporting gait rehabilitation and restoration of motor functions. Based
on the “string-puppet” principle, it has a particular kinematic structure with 7 wires
attached to the trunk of the patient which provides the capability to control the
posture of the subject in 6 degrees of freedom, as well as to balance the weight on the
legs according to different gait patterns and training programs. Moreover, by sensing
the interaction forces, the system can quantify the effort of the patient and control
the force interactions.
Limitations
Despite the design of several robotic devices for rehabilitation of sensorimotor func-
tion, their widespread use remains somewhat limited by a number of factors, including
the assessment of the true cost-to-benefit ratio relative to other types of rehabilitation
approaches. Moreover, there have been conflicting results from recent studies about
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the effectiveness of these robotic devices. Some studies report that when compared
to conventional therapy, robotic rehabilitation achieves greater functional outcome
(Mayr et al., 2007; Pohl et al., 2007), while others indicate less improvement (Hidler
et al., 2009; Hornby et al., 2008). The general consensus is that there is only is no
clear evidence of improvement in walking and motor recovery using robotic devices,
including systems for (BWSTT), when compared to conventional therapy (Barbeau
and Visintin, 2003; Bates et al., 2005; Chang and Kim, 2013; Hidler et al., 2009;
Hornby et al., 2008; Luft et al., 2008; Mayr et al., 2007; Riener et al., 2005). There-
fore, simply automating traditional therapy, which these robotic devices attempt to
do, does not appear to be sufficient for improving therapy outcomes.
What previous methods fail to take advantage of is that locomotion can be mainly
characterized as a dynamical process that involves inter-leg coordination and sensory
feedback mechanisms from the environment. A limitation of the robotic devices used
for gait therapy is that they consider locomotion as a kinematic process, and thus
impose a prescribed motion. However, they do not consider mechanisms of inter-leg
coordination and how the sensory feedback from one leg affects the motion of the other
leg. Human walking, in addition to running and stair climbing, requires inter-limb
coordination and neural coupling (Arya and Pandian, 2014). A recent review sug-
gests that utilizing inter-limb coupling in stroke rehabilitation therapies will lead to
improved functional outcome (Arya and Pandian, 2014). As an example, Johannsen
et al. (2009) showed that chronic stroke patients performing seated bilateral leg ex-
ercises had increased step length during treadmill walking. Therefore, a fundamental
understanding of underlying sensorimotor mechanisms of inter-leg coordination may
facilitate improved robotic interventions in gait therapy (Skidmore and Artemiadis,
2016a).
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2.3 Inter-leg Coordination
Inter-leg coordination can be defined as an interaction between segment kinemat-
ics, joint dynamics and muscle activity through time (Rose and Winstein, 2013). This
coordination between legs is a fundamental mechanism of gait and has received in-
creased attention during the last decade due to its implications on post-stroke therapy
(Arya and Pandian, 2014). Inter-leg coordination is a process that involves multiple
feedback channels and coupling mechanisms both in mechanical and neural levels.
Neural coupling exists in poststroke patients as it does in healthy subjects (Arya and
Pandian, 2014). In studies with poststroke subjects with hemiparesis, it was found
that neural decoupling between the lower limbs perturbs the paretic lower limb func-
tion (Kautz and Patten, 2005). It has been also shown that forceful interaction with
the non-paretic leg elicits involuntary tension of the resting paretic leg when subjects
are supine (Poskanzer, 1972).
Investigation of the role of afferent sensory feedback to gait control mechanisms of
inter-leg coordination usually involve sensory perturbations and the analysis of their
effects (Skidmore and Artemiadis, 2016a). Various platforms and protocols have been
used to investigate bilateral reflex mechanisms during different phases of the gait cycle
(Artemiadis and Krebs, 2011a,b; Dietz et al., 1989; Nakazawa et al., 2004; van der
Linden et al., 2007), with the majority of the experimental protocols focusing on
over-ground walking and dropping of the supportive surfaces at distinct gait phases
(Artemiadis and Krebs, 2011a,b; Nakazawa et al., 2004; van der Linden et al., 2007).
Perturbations to the load (i.e. force felt by the foot) feedback as well as the length of
specific muscles during walking have been associated with evoked muscular activations
of the unperturbed leg (Af Klint et al., 2009; Berger et al., 1987, 1984; Dietz et al.,
1989, 1994; Lam et al., 2003). For example, unloading of the plantarflexor muscles by
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unilaterally dropping the walking surface during stance phase significantly decreases
soleus muscle activity of the contralateral leg (Af Klint et al., 2009).
One significant limitation of the previous studies is that the sensory perturbations
presented in the previous experiments were almost exclusively caused by dropping
the walking surface, which causes a disruption in both force and kinesthetic feedback.
When the walking surface is dropped there is a change in leg kinematics, and the
force feedback on the bottom of the foot is lost as the foot loses contact with the
walking surface. These types of perturbations do not provide any separation of those
two sources of sensory feedback, and do not allow further in-depth investigation of
the role of force and kinesthetic feedback in gait. In order to answer important
questions on inter-leg coordination and sensorimotor control, it is desirable, therefore,
to differentiate force and kinesthetic feedback. Adjustment of the stiffness of the
walking surface is a unique way to achieve this differentiation, since stepping on a
low stiffness platform continues to provide force feedback but affects leg kinematics
(Skidmore and Artemiadis, 2016a).
A few studies have utilized compliant surfaces in researching sensorimotor mech-
anisms in human locomotion including while stepping on/off, hopping, or walking
on a compliant surface (Dixon et al., 2000; Ferris et al., 1999; Hardin et al., 2004;
MacLellan and Patla, 2006; Marigold and Patla, 2005; Moritz et al., 2004). The
simplest setups include surfaces created out of foam of varying stiffness (MacLellan
and Patla, 2006; Marigold and Patla, 2005), or collegiate gym mats (Chang et al.,
2010). However, inherent in these setups is the inability to utilize a large range of
stiffness while maintaining high resolution – without employing an extreme number
of materials. McMahon and Greene (1979) began the development of devices that
allow for easy adjustment of stiffness between experiments decades ago with a setup
that included simply supported plywood boards where the stiffness is changed by
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Figure 2.8: Side view (A) and top view (B) of adjustable compliant walking surface
used by Kerdok et al. (2002)
adjusting the distance between the two supports. More recently, Kerdok et al. (2002)
also utilized the concept of the deformation of a supported compliant beam in their
development of a compliant track treadmill shown in Figure 2.8. While improving
the easiness and resolution of compliant walking surfaces, these designs do not allow
for the compliance of the surface to be changed in situ.
While the majority of these studies focus primarily on the perturbed leg or the
center of mass of the walker (Dixon et al., 2000; Ferris et al., 1999; Hardin et al., 2004;
Moritz et al., 2004), the bilateral response has also been investigated (MacLellan and
Patla, 2006; Marigold and Patla, 2005). For example, Marigold and Patla (2005)
showed that the contralateral tibialis anterior was activated 140 ms later than the
normal condition when healthy subjects unexpectedly stepped onto a foam mat in the
walkway. Another study has also shown that walking on a compliant surface creates
activation of the tibialis anterior and soleus in both legs when compared to walking on
a rigid surface (MacLellan and Patla, 2006). However, these studies lack the ability to
vary the magnitude and timing of the walking surface stiffness perturbations within
the gait cycle (Skidmore and Artemiadis, 2016a).
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Moreover, another limitation of all of the previously mentioned works, including
those utilizing compliant surfaces, is that the previous studies have failed to separate
the mechanisms of inter-leg coordination from that of balance support. As a result,
mechanical perturbations and sudden load changes would have likely triggered reflex
mechanisms and vestibular responses to maintain balance and stability. However,
little is known whether the bilateral activations are exclusively caused by the mecha-
nisms required for body stabilization and balance maintenance, or if it is also brought
about from inter-limb coordination and mechanisms of gait. This lack of knowledge
leaves a significant gap in our understanding of sensorimotor control of gait and the
effect of surface stiffness on gait mechanisms (Skidmore and Artemiadis, 2016a).
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Chapter 3
EXPERIMENTAL PLATFORM: VARIABLE STIFFNESS TREADMILL
In this chapter the Variable Stiffness Treadmill (VST) system is developed and char-
acterized in preparation for investigating the role of surface stiffness in inter-leg co-
ordination mechanisms.
3.1 System Overview
The VST provides a unique platform for investigation of the role of walking sur-
face stiffness in inter-leg coordination mechanisms. Advantages of the VST over other
experimental platforms include (1) a wide range of controllable stiffness while main-
taining high resolution, (2) the ability to apply low stiffness perturbations at any
phase of the gait cycle and (3) body-weight support for the walker in order to sup-
press mechanisms of balance and posture (Skidmore and Artemiadis, 2016a). The
VST achieves greater versatility and functionality than other devices by combining
a variety of components into one unique system. The device is shown in Figure 3.1.
The major components of the VST include a variable stiffness mechanism, a linear
track (Thomson Linear Inc), a split belt treadmill, a DC treadmill motor (Anaheim
Automation), a counter-weight system, and a custom-built body weight support (Lite-
Gait) with two loadcells that measure the weight of the subject being supported by
the system. Each component is important to the system for the overall function and
proper investigation of gait and will be analyzed below (Barkan et al. (2014), c©2014
IEEE).
3.1.1 Variable Stiffness Mechanism
The main novel feature of the VST is the ability to vary the vertical stiffness of
the walking surface (i.e. treadmill), therefore controlling the kinetic and kinematic
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Figure 3.1: The Variable Stiffness Treadmill (VST) System. Subsystems shown
include: A) Variable stiffness mechanism, B) Linear track, C) Motion capture system,
D) Split-belt treadmill, E) Treadmill motor, F) Counter-weight system, G) Custom-
made harness-based body-weight support, H) BWS loadcells, I) Rotary encoder for
treadmill inclination measurement, J) Loadcell for walker foot force measurement
(adapted from (Skidmore et al. (2015), c©2015 IEEE)).
23
Figure 3.2: The variable stiffness mechanism. Conceptual diagram (left) and actual
setup (right) (adapted from (Skidmore et al. (2015), c©2015 IEEE)).
interaction between the walker and the walking surface. The capability of the VST
to achieve a large range of controllable stiffness with high resolution comes from a
novel variable stiffness mechanism. In its most simplified form, the variable stiffness
mechanism is a spring-loaded lever mounted on a translational track, as shown in
Figure 3.2. The effective stiffness of the treadmill, located at a distance x from the
pivot joint, is dependent on the coefficient of stiffness S of the linear spring and the
moment arm r through which it exerts a force (Jafari et al., 2011). By design, S and
r remain constant, therefore, the effective stiffness of the treadmill can be controlled
by changing the distance x (Skidmore et al. (2015), c©2015 IEEE).
In order to achieve the desired range of stiffness, the variable stiffness mechanism
was built with two extension springs of stiffness k = 5122 N/m, rest length l0 = 12.7
cm, and outside diameter OD = 2.54 cm (LE 135J 06 M, Lee Spring Co.). The two
springs are combined in parallel, and are attached to the lever arm at a distance of
7.5 cm from the pivot point. The spring stiffness was chosen to meet the specification
for the range of effective treadmill stiffness, which is analyzed below (Skidmore et al.
(2015), c©2015 IEEE).
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This entire assembly sits on the carriage of a high-capacity linear track (Thomson
Linear, Part Number: 2RE16-150537) which is controlled by a high-precision drive
(Kollmorgen, Part Number: AKD-P00606-NAEC-0000) and has a translational res-
olution of 0.01 mm. This results in a high resolution for the adjustment of effective
stiffness, which is discussed below (Skidmore et al. (2015), c©2015 IEEE).
In addition to achieving the desired range and resolution of stiffness with the vari-
able stiffness mechanism, the treadmill stiffness can also be varied actively throughout
the gait cycle. In the most extreme scenario of going from a rigid surface, i.e. tread-
mill stiffness of kt = ∞, to the minimum achievable stiffness, the linear track will
have to move across its entire range (0 to 0.40 m). Considering that the linear track
can move as fast as 3 m/s, the system could make this extreme change in stiffness in
0.13 s. Assuming that the subject is walking at a normal pace of 1.4 m/s (Browning
et al., 2006; Levine and Norenzayan, 1999), with a stride length (the distance between
consecutive points of initial contact by the same foot) of 1.4 m (Perry and Burnfield,
1992), the stance phase would last approximately 0.5 s. This means that the variable
stiffness mechanism can make this extreme change in stiffness three times during the
stance phase. Therefore, it can easily change stiffness many times throughout the gait
cycle when the desired change in stiffness is smaller than the two extreme values. The
ability to change stiffness at a high rate throughout the stance phase of the gait cycle
adds to the unique capabilities of the VST (Skidmore et al. (2015), c©2015 IEEE).
3.1.2 Additional Components
Motion capture
Another important component of the VST is a low-cost and portable motion capture
system comprised of infrared cameras (Code Laboratories Inc, model: DUO MINI
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LX) and infrared LEDs (Super Bright LEDs Inc, model: IR-1WS-850). The motion
capture is important for tracking the location of the subject’s foot in order to maintain
the desired stiffness underneath the walker, and for precise timing of stiffness pertur-
bations within the gait cycle. The motion capture system is also used for recording
lower-limb joint angles throughout the gait cycle. The two cameras tracking the two
legs are shown in Figure 3.1, part C (Skidmore and Artemiadis, 2016a).
Split-belt treadmill
The VST employs a split-belt treadmill configuration in order to allow each belt to
deflect different amounts. This will allow different force perturbations to be applied
to each leg. The treadmill belts are supported at 0.70 m above the floor on a frame of
steel tubing that permits each belt to independently deflect downward to a maximum
of 30◦ from the horizontal position. The adjustability of the treadmill stiffness is
currently limited to only one belt, but can be applied to both sides by installing
another variable stiffness mechanism. The split belt treadmill is shown in Figure 3.1,
part D (Skidmore et al. (2015), c©2015 IEEE).
Treadmill motor
A 1-HP variable speed DC motor (Anaheim Automation, Part Number: BDA-56C-
100-90V-1800) drives the treadmill belts. Speeds of up to 1.85 m/s at a resolution of
7 mm/s can be achieved. This includes the average preferred walking speed of 1.2-1.4
m/s (Browning et al., 2006; Levine and Norenzayan, 1999), but can be slowed for
individuals in therapy or rehabilitation applications. The treadmill motor is shown
in Figure 3.1, part E (Skidmore et al. (2015), c©2015 IEEE).
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Counterweight
One necessary component to ensure accurate control of treadmill stiffness is a coun-
terweight system to eliminate moments created by the weight of the treadmill belts.
This is achieved by fastening a weighted slider at the precise location along a co-linear
beam which will induce an equal and opposite moment to that of the treadmill. This
beam is attached to the side of the treadmill platform so that the counterweight sys-
tem will cancel out the weight of the treadmill at any inclination of the treadmill.
The counterweight is shown in Figure 3.1, part F (Skidmore et al. (2015), c©2015
IEEE).
Body weight support
Separate from the treadmill structure, there is a custom-built body weight support
designed by LiteGait. By adjusting the height of the support system, full or partial
body-weight support can be provided. This is an important capability for control-
ling the ground reaction forces created by the weight of the subject. In addition,
the support increases safety and extends the system’s capabilities to stroke patients
and other individuals with decreased mobility and stability. Two loadcells attached
on the body-weight support harness measure the subject’s weight supported by the
mechanism from each side. The body weight support and the loadcells are shown in
Figure 3.1, parts G and H respectively (Skidmore et al. (2015), c©2015 IEEE).
Rotary encoder
The angular deflection of the walking surface is measured with a rotary encoder
(Encoder Products Company, Model Number: 260-N-T-11-S-1024-Q-HV-1-S-SF-1-
N) in order to calculate the actual stiffness of the treadmill walking surface. The
encoder has 1024 cycles per revolution resulting in an angular resolution of 0.35◦.
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The rotary encoder is shown in Figure 3.1, part I (Skidmore et al. (2014), c©2014
IEEE).
Loadcell
The force exerted by the foot of the walker is calculated from the force measured by
a 500 kg S Type Loadcell (RobotShop, Part Number RB-Phi-204) which is placed at
the junction of the treadmill belt and the variable stiffness mechanism. This force is
also used in the calculation of the measured stiffness of the treadmill. The loadcell is
shown in Figure 3.1, part J (Skidmore et al. (2014), c©2014 IEEE).
3.2 System Modeling
The relationship between a desired stiffness and the actual effective stiffness of
the treadmill is described by the governing equations of the system and the plant
dynamics. The system is displayed in block diagram form in Figure 3.3 where the
desired treadmill stiffness (kdt ) is the reference signal, the desired linear track position
(xdtrack) is the control input, the angular deflection of the treadmill (θ1) under an
applied load is the result of the track movement, and the actual measured stiffness
(kt) is the final output. The transfer functions (G1, G2) are relationships between
variables of the system and are determined by the governing equations. The plant is
the combination of the dynamics of the linear actuator and the treadmill platform.
The governing equations (reprinted with permission from Barkan et al. (2014), c©2014
IEEE) and dynamics of the system (reprinted with permission from Skidmore et al.
(2015), c©2015 IEEE) are discussed separately below (Skidmore et al. (2015), c©2015
IEEE).
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Figure 3.3: Block diagram of the open loop system (reprinted with permission from
Skidmore et al. (2015), c©2015 IEEE).
3.2.1 Governing Equations
Both of the transfer functions of the system mentioned above are solutions to the
governing equations and are used to relate the inputs and outputs of the system. The
transfer function G1 was found by performing a kinematic and kinetic analysis of the
VST in order to create a mathematical model relating the desired treadmill stiffness
kdt and the foot position xf to the desired track position x
d
track.
3.2.1.1 Kinematics
To begin, the vector loop shown in Figure 3.4 was created based off of the rigid body
structure of the VST. The vector loop equations are given by:
R1+R2=R8+R7+R6+R5+R4+R3 (3.1)
where Ri, i = 1, 2, . . . , 8 are the vectors shown in Figure 3.4. Resolving this vector
equation into its x and y components using the reference system shown in Figure 3.4,
we have:
∑
i=1,2
‖Ri‖ cos (θi)=
∑
m=3,4,5,6,7,8
‖Rm‖ cos (θm)∑
i=1,2
‖Ri‖ sin (θi)=
∑
m=3,4,5,6,7,8
‖Rm‖ sin (θm)
(3.2)
where θi, i = 1, 2, . . . , 8 are the angles of the vectors Ri, i = 1, 2, . . . , 8 from the
positive x-axis, measured counterclockwise. Some of the vectors are not rotating due
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Figure 3.4: Kinematic analysis of variable stiffness mechanism (reprinted with per-
mission from Barkan et al. (2014), c©2014 IEEE)
to structural constraints that are listed in Table 3.1. Because of this, the kinematic
equations in (3.2) are simplified to:
‖R1‖ c1+ ‖R2‖ s1= xoffset−xtrack−‖R5‖ c3−‖R4‖ s3+ ‖R3‖ c3
‖R1‖ s1−‖R2‖ c1= −‖R8‖+ ‖R6‖−‖R5‖ s3+ ‖R4‖ c3+ ‖R3‖ s3
(3.3)
where ci, si correspond to cos (θi) and sin (θi) respectively, and xoffset is the known
horizontal distance from the rotation point of the treadmill to the zero position of
the linear track.
These two equations were then solved for the two unknown variables ‖R3‖ and
θ3 in terms of the inputs θ1 and xtrack. It must be noted that a rotary encoder
(Encoder Products Company, Model Number: 260-N-T-11-S-1024-Q-HV-1-S-SF-1-
N, 1024 cycles per revolution) was used in order to measure the treadmill angular
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Table 3.1: Kinematic Constraints (reprinted with permission from Barkan et al.
(2014), c©2014 IEEE).
Vector magnitudes (m) Vector angles (rad)
‖R1‖ 0.33 θ6 pi2
‖R2‖ 0.18 θ7 0
‖R4‖ 0.085 θ8 −pi2
‖R5‖ 0.02 θ3a 0
‖R6‖ 0.44 θ4a pi2
‖R8‖ 0.705 θ2 θ1−pi2
‖R2a‖ 0.075 θ5 θ3−pi
‖R3a‖ 0.11 θ4 θ3+pi2
xoffset 0.325
‖R4a‖ 0.12 θ2a θ3
‖R7‖ xoffset−xtrack
deflection θ1, while the position of the linear track xtrack is controlled in real-time via
a dedicated controller in order to achieve the desired stiffness.
The same method was used in order to describe the kinematics of the spring
mechanism shown in Figure 3.5. The final equations that were solved for the two
unknowns ‖R1a‖ and θ1a are given by:
‖R1a‖ cos (θ1a) + ‖R2a‖ cos (θ3) = ‖R3a‖
‖R1a‖ sin (θ1a) + ‖R2a‖ sin (θ3) = ‖R4a‖
(3.4)
where all vectors are shown in Figure 3.5, along with their correspondence to the real
platform features.
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Figure 3.5: Kinematic analysis of the spring mechanism(reprinted with permission
from Barkan et al. (2014), c©2014 IEEE).
3.2.1.2 Kinetics
The final step in the mathematical model of the VST was to use the solutions of
unknown variables from the kinematic analysis and apply them to the equilibrium
equations for the free body diagrams of the VST, shown in Figure 3.6, where Fs is
the force exerted by the spring. Since the connection point at B is a sliding joint, the
force that it transmits at mechanical equilibrium can only be perpendicular to the
sliding axis along R3. This allowed for the calculation of the transmitted force FB
with the following moment equation about location D.
∑
MD=Fs‖R2a‖sin(θ3−θ1a)−FB(‖R3‖−‖R5‖)=0 (3.5)
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Figure 3.6: VST kinetics. Ff is the force exerted by the subject’s foot at a distance
xf from the rotation point of the treadmill (location A). Fs is the spring force and FB
the force at the sliding joint B (reprinted with permission from Barkan et al. (2014),
c©2014 IEEE).
where Fs=2k(‖R1a‖−l0) is the force from the springs and l0 is the rest length of the
two springs, each one having a stiffness k. The calculated value for FB was used to
solve for the force of the foot Ff in the equilibrium equation about point A:
∑
MA=FB‖R1‖cos(θ3−θ1)−FB‖R2‖sin(θ3−θ1)−Ffxfcos(θ1)=0 (3.6)
Then, the effective stiffness of the treadmill kt is computed by:
kt=
dFf
dy
(3.7)
which is a function of xf , xtrack, and θ1. Although θ1 is one of the equation
variables, it was observed that the difference in the solution to this equation with
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θ1 = 0 instead of being a variable was negligible. Therefore, setting θ1 = 0 resulted
in xtrack as a function of k
d
t and xf , which could easily put into a two dimensional
lookup table to increase computational efficiency.
In the end, this system of equations results in a known relationship (G1) that gives
xdtrack based on input values k
d
t and xf :
G1=x
d
track=f
(
kdt , xf
)
. (3.8)
The results obtained from the mathematical model were compared to experimen-
tal data for validation. The apparent stiffness of the treadmill for 0.01 m interval
displacements of the linear track was found by placing a known mass (3.9 kg) at an
arbitrary distance (0.66 m) along the treadmill and measuring the angular displace-
ment of the treadmill. This process resulted in a plot of stiffness vs the track position.
The resulting curve was compared to the theoretical model where the foot position
xf was defined as 0.66 m to match the experimental setup. The results are shown in
Figure 3.7.
It can be observed that both models achieve the same type of inverse square
power profile and converge at low stiffness. The slightly higher stiffness values from
the experimental data in parts of the domain may reflect the fact that friction is not
accounted for in the theoretical model. Friction would cause a decrease in deflection
for a given force resulting in higher stiffness values than a frictionless model. However,
the theoretical model matched the experimental data very well, proving the validity
of our system. This plot also gives an indication of the range of achievable stiffness
as a function of the linear track position.
The range of the control of the track position defines the range of the treadmill
effective stiffness that can be achieved. For xtrack = 0, the treadmill stiffness is infinite,
since the treadmill cannot be deflected. For the maximum displacement of the track
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Figure 3.7: Experimental vs theoretical values of treadmill effective stiffness.
of 0.40 m, the computed treadmill stiffness, assuming that the foot of the subject is
approximately in the middle of the treadmill (i.e. during mid-stance), is 585.5 N/m.
At the end of the treadmill (i.e. at toe-off phase), the minimum achievable stiffness
is 61.7 N/m.
The resolution of achievable displacement of the linear track is 0.01 mm. Since the
relationship between the linear track position and the treadmill effective stiffness is
non-linear, the resolution of achievable treadmill stiffness is dependent on the linear
track position. By solving the equations derived above and using the given linear
track resolution, the resolution of stiffness for any given linear track position can be
computed. This solution curve is depicted in Figure 3.8, where it is shown that the
resolution of stiffness can range from 9.06 N/m when the linear track is at 0.05 m, to
0.038 N/m when the linear track is at its maximum displacement of 0.40 m. Higher
values for resolution are achieved for a position between 0 and 0.05 m of the linear
track, as stiffness grows to infinity.
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Figure 3.8: Treadmill stiffness resolution as a function of the linear track posi-
tion(reprinted with permission from Barkan et al. (2014), c©2014 IEEE).
The transfer function G2 describes the relationship between the actual treadmill
stiffness, the force exerted by the foot and the deflection of the treadmill. This
is found by application of Hooke’s Law where the actual treadmill stiffness kt is
computed by the ratio of the vertical force Ff of the foot to the vertical deflection dy
of the treadmill:
kt=
Ff
dy
=
Ff
xf tan (θ1)
(3.9)
3.2.2 Plant Dynamics
The dynamics of the system are governed by the combined dynamics of the linear
actuator and the treadmill platform. The dynamics of the linear actuator are observed
to be very fast compared to the treadmill. More specifically, the linear actuator is
able to reach the desired position in approximately 20 ms, with a steady state error
less than 0.01 mm. Therefore, the dominant open loop poles are assumed to be given
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by the dynamics of the treadmill. While the system operates in discrete time, it is
modeled here in continuous time to demonstrate some important characteristics of
the system. Approximating the treadmill with second-order dynamics, the final open
loop transfer function between the actual and desired treadmill stiffness is given by:
Kt (s)
Kdt (s)
=G1G2
K
s2+2ζωns+ω2n
(3.10)
Although the system has been represented so far as linear (therefore the use of
transfer functions), the system is actually nonlinear, since the value of K, as well as
the damping ratio and natural frequency of the system will change as the input xtrack
changes. In other words, since the input xtrack is used to change the effective stiffness
of the treadmill, the dynamics of the treadmill will change for different values of xtrack.
This will in turn change the pole locations of the system. Therefore, a linear model
will not accurately describe this system for its entire range of stiffness. To understand
the nonlinearity of the system and the effect of changing the stiffness, the open loop
poles were found at a variety of xtrack positions and plotted in the s-plane, as shown
in Figure 3.9.
The poles were found by identifying key parameters from the step response of the
system. A known mass of 11.71 kg was placed at 0.33 m from the pivot point, and
xdtrack was suddenly changed from 0 to an arbitrary value. The angular deflection of
the treadmill was measured with an encoder to find the second order system response.
The damping ratio ζ was calculated from the maximum overshoot and the undamped
natural frequency ωn was calculated from the damped natural frequency and the rise
time of the step response. The poles of the system were finally calculated by solving
for sp=−ζωn ± jωn
√
1−ζ2.
Based on the pole locations in the s-plane it is seen that the system is highly
damped (ζ > 0.8) and has a quick response (rise time: tr ≤ 0.25 s) for all track posi-
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Figure 3.9: Plot of the open loop poles for different xtrack positions in the s-plane
(reprinted with permission from Skidmore et al. (2015), c©2015 IEEE).
tions. As xtrack increases, the damping ratio also increases and the natural frequency
decreases. The variability of the pole locations with changing stiffness prevents the
entire system from being described with only one linear model. However, the above
analysis gives an overview of the dynamics of the system.
3.2.3 Linear Model
A linear model about a reference input of kdt = 20 kN/m was created to further
investigate the dynamic response of the system (Skidmore et al. (2015), c©2015 IEEE).
A value of kdt = 20 kN/m was chosen because it is a stiffness that is similar to other
studies that have been performed (Farley et al., 1998; Ferris and Farley, 1997; Ferris
et al., 1999), and because it is within the desired operating range. The linear model
was identified by placing a known mass (11.7 kg) at a constant distance (0.33 m)
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from the treadmill pivot point, and commanding a step input by holding the desired
stiffness at 2 MN/m and then suddenly dropping it to 20 kN/m. This corresponds to
xdtrack changing from 0 to 0.065 m. This resulted in a damping ratio of ζ = 0.87 and
natural frequency ωn = 19.74 rad/s. By creating a bode plot based on the transfer
function calculated from these system parameters, the system bandwidth frequency
(defined here as the first frequency where the gain drops below -3 dB of its DC value)
for the linear model is 2.45 Hz.
The identified linear model is useful for understanding the treadmill system but,
as shown above, is not sufficient for controlling the stiffness of the treadmill due to in-
herent nonlinear relationships of the system. However, the errors in the linear model
can be reduced by implementing a feedback control law. Implementing a Propor-
tional Integral (PI) feedback controller will not only allow the transient dynamics to
be shaped and drive the steady state error to zero, but the PI controller will also
compensate for the nonlinearities that are neglected by the linear model.
3.3 Performance Characterization
A PI feedback controller was designed and implemented in order to achieve a zero
steady state error of the actual treadmill stiffness in response to a desired stiffness
reference signal (Skidmore et al. (2015), c©2015 IEEE). A block diagram representing
the closed loop system is shown in Figure 3.10 where err is the error signal and uFF
and uFB are the feedforward and feedback control efforts, respectively. The transfer
function G1 is the same as described previously and is placed in the feedforward path
to get the control input close to its final value. The feedback controller then makes
the corrections necessary to eliminate the steady state error. The actual stiffness is
calculated based on the force exerted by the walker on the treadmill (Ff in the block
diagram) and the actual vertical displacement of the treadmill, computed through the
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Figure 3.10: Block diagram of closed loop system (reprinted with permission from
Skidmore et al. (2015), c©2015 IEEE).
rotary encoder measurements (θ1). The walker force Ff is measured in real-time via
a 500 kg S-type load cell (RobotShop, Product Code: RB-Phi-204) mounted between
the treadmill platform and the variable stiffness mechanism, as shown in Figure 3.1,
part J.
The design of the PI controller was performed in the continuous time domain by
placing poles in the s-plane to decrease the rise time of the response and eliminate
the steady state error. The control law was implemented in the discrete time domain
with an incremental, or velocity, algorithm (shown in (3.11)), where errp is the error
calculated at the previous sample, kp and ki are the P and I gains respectively, and
∆t is the sample period.
∆uFB=kp (err−errp) +kierr∆t (3.11)
This change in feedback control effort is summed over time and results in the desired
track position when added to the feedforward control. The proportional and inte-
gral gains were tuned to the linear model and then reduced to compensate for the
implementation in discrete time instead of continuous time.
The feedback control structure was validated with two different reference stiffness
values. First, a constant mass was placed at 0.33 m from the treadmill pivot point
and the desired stiffness was changed from rigid (kdt > 2 MN/m) to 20 kN/m. A plot
of the step response is shown in Figure 3.11. A steady state error (ess) of 7 N/m was
obtained which is within the resolution of the system at that stiffness (see Figure 3.8).
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Figure 3.11: System response to step change in desired stiffness (reprinted with
permission from Skidmore et al. (2015), c©2015 IEEE).
Moreover, this error is still only a fraction of one percent as shown in Table 3.2 along
with the rise time (tr) and 1% settling time (ts), averaged from 3 repeated trials.
Second, in order to verify that the controller is robust to nonlinearities not modeled
in the linear system, the exact same controller and gain values were tested with a
step input to 56 kN/m. Results are shown in Table 3.2. As seen in Figure 3.9,
the poles of the 20 and 56 kN/m systems are significantly far apart. However, the
closed-loop feedback achieved essentially zero steady state error. This shows that the
controller is robust enough to compensate for nonlinearities of the system. Therefore,
the controller that was tuned to the 20 kN/m system is sufficient to achieve the
desired stiffnesses within the range of interest.
In order to test the system in dynamic inputs and demonstrate the unique ca-
pabilities of the VST to create variable stiffness profiles, a reference sinusoidal input
stiffness was created for the system to track. The signal oscillates about a mean of
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Table 3.2: Closed Loop Response (reprinted with permission from Skidmore et al.
(2015), c©2015 IEEE).
kdt (kN/m) tr (sec) ts (sec) ess (%)
20 0.062 0.146 < 0.02
56 0.057 0.479 < 0.05
20 kN/m at a frequency of 0.77 Hz. The mean value of 20 kN/m was selected to
correspond to the linear model that was created, and the frequency of oscillation was
chosen so that one period of the sinusoid would be approximately the duration of the
stance phase. The system response is shown in Figure 3.12. It can be seen that the
actual stiffness profile matches the desired stiffness fairly well with some phase shift
and attenuation. The magnitude attenuation is expected because it matches what
the bode plot of the linear system (described above) would suggest. The phase shift
is approx. 50◦, which is very close to what the Bode plot would indicate.
3.4 Summary
The Variable Stiffness Treadmill (VST) system, presented and characterized in
this chapter, has been developed with several advantages over existing devices for
gait research. The system constitutes the first mechanical device that can alter the
walking surface stiffness in real-time, with high accuracy, resolution and robustness.
These characteristics make the VST a unique research platform which can be used
for investigating sensorimotor mechanisms of inter-leg coordination (Skidmore et al.
(2015), c©2015 IEEE). The VST is utilized in this dissertation to investigate the
effect of walking surface stiffness on inter-leg coordination, but it can also be used
for investigating the interplay of visual and proprioceptive feedback during human
walking (Frost et al., 2015).
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Figure 3.12: Closed loop system response to sinusoidal input (reprinted with per-
mission from Skidmore et al. (2015), c©2015 IEEE).
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Chapter 4
CONTRALATERAL EFFECTS OF UNILATERAL STIFFNESS
PERTURBATIONS
In order to investigate the role of walking surface stiffness in inter-leg coordination,
the response of the contralateral (unperturbed) leg to unilateral stiffness perturba-
tions was investigated while varying three different experimental parameters. The
variables that were changed in three separate experiments were (1) the magnitude of
the stiffness perturbation, (2) the level of supplied BWS and (3) the timing of the
stiffness perturbation within the gait cycle (Skidmore and Artemiadis, 2016a). This
chapter comes from portions of a journal publication in the Journal of NeuroEngineer-
ing and Rehabilitation (Skidmore and Artemiadis, 2016a) with slight modification,
except for sections that are otherwise cited.
4.1 Experimental Protocol
In each experiment the subject walked on the treadmill at a speed of 0.60 m/s
and the differentiating aspects of the protocol for each experiment will be discussed
below. For each experiment, five healthy subjects with no known neurological or gait
impairments participated, where the five subjects were different for each experiment.
Informed consent from the subject was obtained at the time of each experiment, and
each experimental protocol is approved by the Arizona State University Institutional
Review Board (IRB ID#: STUDY00001001).
4.1.1 Experiment 1: Altered Stiffness Magnitude
For this experiment, five healthy subjects [age 25 ± 5.4 years, weight 190 ± 35
lbs] walked on the treadmill for at least 200 gait cycles while being supported with
approximately 30% BWS. A value of 30% BWS was chosen because this level of
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support has been given in other studies (Af Klint et al., 2010; Finch et al., 1991) and
effectively provides balance support without eliminating somatosensory feedback by
unloading too much of the subject’s weight. The right treadmill belt was not allowed
to deflect for the duration of the experiment thus preventing any direct perturbation
of the right leg. The surface underneath the left leg was commanded to maintain a
stiffness of 1 MN/m, which makes the treadmill very stiff (i.e. considered to be rigid),
for 30 gait cycles at the beginning of the experiment. Then, after a random number n
of steps, where n ∈ [3, 7], the stiffness was immediately dropped to 1 of 3 values: 10,
50 or 100 kN/m. The low stiffness perturbation began approximately 130 ms after
heel-strike and lasted for the duration of the left leg stance phase (i.e. until toe-off)
after which the stiffness was commanded back to 1 MN/m for the next n number
of steps. A graphical representation of the timing and magnitude of the stiffness
perturbations is shown in Figure 4.1(a). An average of 17 ± 2.3 perturbations at
each stiffness level were experienced by all subjects.
4.1.2 Experiment 2: Altered BWS
This experiment was broken up into four sub-experiments, where the only differ-
ence between each sub-experiment was the level of BWS (0, 10, 20 or 30%) provided
to the subject. Five healthy subjects [age 24 ± 2.4 years, weight 161 ± 24 lbs] walked
on the treadmill for at least 100 gait cycles while being supported with the selected
level of BWS. Similar to the previous experiment, the surface underneath the left leg
was commanded to maintain a stiffness of 1 MN/m and then, after a random num-
ber n of steps, where n ∈ [3, 7], the stiffness was immediately dropped to 60 kN/m
approximately 130 ms after heel-strike. The perturbation lasted for the duration of
the left leg stance phase after which the stiffness was commanded back to 1 MN/m
for the next n number of steps. A walking surface stiffness of 60 kN/m was used for
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Figure 4.1: A diagram indicating the timing and magnitude of unilateral stiffness
perturbations for three experiments: (a) Altered Stiffness Magnitude, (b) Altered
BWS and (c) Altered Perturbation Timing. Heel strike, loading response and toe-off
are represented by HS, LR and TO, respectively (Skidmore and Artemiadis, 2016a).
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each level of BWS and was chosen because it is an intermediate value in the range
of stiffness perturbations used in the first experiment. A graphical representation of
the timing and magnitude of the stiffness perturbation for this experiment is shown
in Figure 4.1(b). All subjects experienced 15 perturbations of the walking surface
stiffness at each level of BWS. Again, the right treadmill belt was not allowed to
deflect for the duration of the experiment thus preventing any direct perturbation of
the right leg kinematics.
4.1.3 Experiment 3: Altered Perturbation Timing
This experiment was similar to the first experiment, except that instead of chang-
ing the magnitude of the stiffness perturbation, the timing of a stiffness perturbation
of constant magnitude (60 kN/m) was altered. In this experiment, five healthy sub-
jects [age 25 ± 3.6 years, weight 170 ± 37 lbs] walked on the treadmill for at least
150 gait cycles while being supported with approximately 30% BWS. A value of 30%
BWS was chosen to provide some balance support and to allow for comparison with
the first experiment. The surface underneath the left leg was commanded to maintain
a stiffness of 1 MN/m for 30 gait cycles at the beginning of the experiment. Then,
after a random number n of steps, where n ∈ [5, 7], the stiffness immediately dropped
to a level of 60 kN/m when the middle of the subject’s left foot reached a certain
percentage of the left stance phase. A stiffness magnitude of 60 kN/m was chosen in
order to be consistent with the second experiment. The perturbation began at one
of four locations (12, 30, 55 or 80% of the stance phase) that was randomly selected
and lasted until the end of the left leg stance phase after which the stiffness was
commanded back to 1 MN/m for the next n number of steps. A graphical represen-
tation of the timing and magnitude of the stiffness perturbations for this experiment
is shown in Figure 4.1(c). An average of 9 ± 2.8 perturbations at each of the four
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timing instances were experienced by all subjects. Again, the right treadmill belt was
not allowed to deflect for the duration of the experiment thus preventing any direct
perturbation of the right leg.
4.2 Data Analysis
The data analysis of the kinematic and muscular response of the unperturbed leg
was the same for each of the three experiments described above. In all of the exper-
iments, kinematic data for both legs were obtained at 140 Hz using the previously
mentioned infrared camera system that tracked 12 (6 on each leg) infrared LEDs
placed as pairs on the thigh, shank, and foot. The muscle activity of the legs were
obtained using surface electromyography (EMG) via a wireless surface EMG system
(Delsys, Trigno Wireless EMG) and recorded at 2000 Hz. Electrodes were placed
on the tibialis anterior (TA) and soleus (SOL) of both legs. Raw EMG signals were
processed by finding the moving root mean square envelope of each signal with a 250
ms window. After computing the EMG linear envelope, the data were normalized to
the maximum value of that EMG signal.
The kinematic and EMG data corresponding to the gait cycles of normal con-
ditions and the cycles pertaining to the perturbations were found and normalized
temporally to percent gait cycle in order to eliminate discrepancies due to natural
variations in gait patterns (i.e. stride length, cycle duration, etc). The data of each
gait cycle were resampled at each 0.1% of the gait cycle (approximately 1.5 ms).
The first 30 gait cycles and the cycles in between perturbations during the normal
conditions are included in the unperturbed data set. One or two cycles (depending
on which of the three experiments) following a perturbation are not included in the
unperturbed set in order to eliminate any residual effects from the perturbation. This
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results in normalized kinematic and EMG signals as a function of percent gait cycle,
where 0 and 100% correspond to the heel-strike of the left leg.
Two different t-tests were utilized to establish statistical significance of the results.
In order to evaluate the significance of recorded responses in both kinematics and
EMG when compared to the normal condition, statistical significance was determined
using an unadjusted unpaired t-test at each time instance. The unpaired t-test was
selected in this case because it is a comparison of two independent distributions (i.e.
gait cycles with and without perturbation) which have similar variances but different
sample sizes. In order to evaluate the significance of perturbations across subjects, the
paired t-test was used. Two values (the mean amplitude of cycles with and without
perturbations) from each subject were used to test the significance of response to the
perturbation at each time instance. Each test was performed at the 95% confidence
level and any potential Type I errors from tests being performed at each 0.1% of the
gait cycle were eliminated by only concluding significance if at least 40 tests (i.e. 4%
of the gait cycle) in a row indicated significance.
A latency of response in each experiment is calculated from the beginning of the
perturbation until there is a statistically significant difference between the TA EMG
magnitude recorded during the perturbation and normal conditions.
4.3 Results
4.3.1 Experiment 1: Altered Stiffness Magnitude
The kinematic and muscular response to unilateral low stiffness perturbations
of the walking surface of different magnitudes for a representative subject is shown
in Figure 4.2. The normalized EMG amplitude for the TA and SOL, along with
the hip flexion-extension, knee flexion-extension and dorsi-plantar flexion (mean and
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standard deviation) for all gait cycles pertaining to each surface stiffness is shown
for both the perturbed (left) and unperturbed (right) legs. The data are plotted
as a function of the gait cycle percentage, where heel-strike and toe-off of each leg
are indicated on the figure as HS and TO, respectively. Colored bars underneath an
asterisk are included to indicate when statistically significant changes are observed.
Both the muscular and kinematic profiles of walking on a rigid surface resemble that
of what would be expected for normal human gait (Perry, 1992), showing that the
system and experimental protocol did not alter normal gait patterns. Only data
for a representative subject is shown in Figure 4.2 for clarify of presentation, but
the contralateral response was consistent across subjects (Skidmore and Artemiadis
(2015b), c©2015 IEEE).
Although the left leg was directly perturbed through the left treadmill stiffness
change, the focus of this work is to understand inter-leg coordination by investigat-
ing the response of the unperturbed leg to the stiffness perturbations (Skidmore and
Artemiadis (2015b), c©2015 IEEE). Therefore, the analyses for the majority of the
dissertation will be primarily focused on the effects of the perturbation on the con-
tralateral leg response. However, the change in left leg kinematics is important to
understanding how the body perceives and therefore responds to the change in walk-
ing surface stiffness. A detailed investigation of the change in ipsilateral kinematics
will be discussed in Chapter 5, and therefore will not be discussed here.
The experimental data of the response of the unperturbed leg shows a systematic
evoked response in both kinematics and muscular activity. The majority of these
evoked changes begin near 22% of the gait cycle and then converge back to the nor-
mal walking pattern later in the gait cycle. The evoked response was statistically
significant at the 95% confidence level for a two sample unpaired t-test when compar-
ing the data for each perturbation level to the rigid (i.e. normal) condition. Colored
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Figure 4.2: Averaged muscle activity and joint kinematics of the perturbed (left)
and unpertubed (right) legs for a representative subject. Plotted from top to bottom
is the normalized TA EMG, normalized SOL EMG, hip flexion (+) - extension (-),
knee flexion (-) - extension (+) and ankle dorsi (+) - plantar (-) flexion for gait cycles
at each of four surface stiffness levels. Mean (darker lines) and standard deviations
(lightly shaded areas) values are shown along with an indication of the timing of the
perturbation. Statistically significant changes are indicated by colored bars (corre-
sponding to each stiffness level, aligned vertically from highest to lowest stiffness) that
are placed beneath a black asterisk. Heel-strike and toe-off of each leg are indicated
by HS and TO, respectively. The duration of the gait cycles shown is approximately
1.8 s (Skidmore and Artemiadis (2015b), c©2015 IEEE).
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bars indicating when significant changes are observed in the right leg are included
in Figure 4.2. As can be seen, the significance of the response is dependent on the
magnitude of the stiffness perturbation where lower stiffness values result in greater
contralateral response.
Moreover, the response in the contralateral TA is scalable such that as the mag-
nitude of the perturbation increases (i.e. lower stiffness values), there are increased
changes in TA activation. The significant increase in TA activation with lower walk-
ing surface stiffness is shown by using a paired t-test to compare the mean TA values
at two levels of stiffness for all subjects. For example, the evoked TA EMG during
the lowest stiffness perturbations (10 kN/m) is significantly greater than the medium
stiffness perturbations (50 kN/m) from 16.8 to 42.5 percent of the gait cycle. This
is shown in the first row of Table 4.1. The time period (in percent gait cycle) when
the evoked TA EMG is significant when comparing the other levels of stiffness is
also shown in Table 4.1. As calculated from the last column in the table, the TA
activation significantly increases at each level of stiffness for at least 13% of the gait
cycle. Therefore, there is a scalable response of the contralateral TA in response to
unilateral stiffness perturbations. While the same systematic and scalable evoked
response is not apparent in the SOL, there is significant evoked activity in the SOL
during stance phase of the right leg.
4.3.2 Experiment 2: Altered BWS
The evoked muscle activity of the TA in the perturbed leg for all levels of BWS is
first presented for comparison and validation with the first experiment. The normal-
ized EMG amplitude for the TA (mean and standard deviation) for all perturbed and
unperturbed gait cycles pertaining to each level of BWS for a representative subject
is shown in Figure 4.3.
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Figure 4.3: Averaged TA muscle activity for perturbed and unperturbed gait cycles
at each of the four levels of BWS for a representative subject. Mean (darker lines) and
standard deviation (lightly shaded areas) values are shown along with an indication
of the timing of the perturbation. Statistically significant changes in perturbed gait
cycles are indicated by a blue bar and a black asterisk. Heel-strike and toe-off of
the right leg are indicated by HS and TO, respectively (Skidmore and Artemiadis,
2016a).
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Table 4.1: Timing of evoked tibialis anterior activation for experiment 1. This
table contains the range in percent gait cycle when the statistically significant evoked
tibialis anterior EMG is seen when comparing two levels of stiffness.
Stiffness level 1 Stiffness level 2 Range of significance
(kN/m) (kN/m) (% gait cycle)
10 50 16.8 - 42.5
50 100 25.3 - 38.8
100 1000 21.0 - 36.0
Similar to experiment 1, there is a statistically significant increase in TA activity
between approx. 20 to 40% of the gait cycle, as well as occasionally at other times
later in the gait cycle (such as shortly after heel-strike of the right leg). The significant
evoked muscle activity during swing phase is observed for all levels of BWS and is
consistent across subjects. The time (in percent gait cycle) of when significant TA
EMG is first seen (mean and standard deviation across all levels of BWS) for all
subjects is shown in Table 4.2. While there is some variability in the onset of evoked
activity, all subjects show evoked TA activity during the swing phase of the gait cycle
and at all levels of BWS. Of significant importance is that there is no statistically
different response between the evoked TA activity at each level of BWS. The TA
activation (mean and standard deviation) during perturbation cycles for all levels of
BWS (i.e. all of the blue lines from Figure 4.3) is shown in Figure 4.4. As can be
seen, the responses are very similar and there is no statistically significant difference
at any time during the gait cycle. Therefore, the level of evoked muscle activity for
a constant stiffness perturbation of 60 kN/m is independent of the level of BWS.
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Table 4.2: Timing of evoked tibialis anterior activation for experiment 2. This
table contains the mean and standard deviation in percent gait cycle across all levels
of body weight support for when the statistically significant evoked tibialis anterior
EMG is first seen for all subjects.
Subject 1 Subject 2 Subject 3 Subject 4 Subject 5
26%± 1.7 19%± 0.8 21%± 2.0 20%± 5.0 28%± 1.6
Figure 4.4: Averaged TA muscle activity for gait cycles at each of the four levels
of BWS for a representative subject. Mean (darker lines) and standard deviation
(lightly shaded areas) values are shown along with an indication of the timing of the
perturbation. The timing of toe-off and heel-strike of the right leg within the gait
cycle are represented by TO and HS, respectively (Skidmore and Artemiadis, 2016a).
4.3.3 Experiment 3: Altered Perturbation Timing
The kinematic and muscular response due to variation in the onset of the low stiff-
ness perturbations for a representative subject is shown in Figure 4.5. The results
from this experiment indicate that the timing of the low stiffness perturbation affects
the timing of the muscular and kinematic response of the unperturbed leg. As would
be expected, the data show that the altered response is only seen after the pertur-
bation, independent of the onset of the perturbation. Of importance to note is that
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Table 4.3: Timing of statistically significant changes for experiment 3. This table
contains the mean and standard deviation in percent gait cycle across all subjects
for when statistically significant response is first seen for the TA and SOL at all
timing instances of the perturbations. No significant evoked response was seen with
perturbations beginning at 80% of the stance phase which is indicated with a dash.
Muscle Timing of perturbation (% stance phase)
12% 30% 55% 80%
Tibialis Anterior 23%± 3.6 42%± 1.4 56%± 5.7 -
Soleus 34%± 14 50%± 23 58%± 4.6 -
statistically significant evoked muscle activity is primarily seen when the muscle is
normally active, independent of the timing of the perturbation. As seen in Figs. 4.2,
4.3 and 4.5, the majority of the evoked TA and SOL activity is seen during the swing
and stance phases, respectively, which is when these muscles have higher activity
during human walking. The timing of the evoked response in both the TA and SOL
is consistent across subjects. The time (in percent gait cycle) of when significant TA
and SOL EMG begin (mean and standard deviation across all subjects) for all timing
instances of the perturbation is shown in Table 4.3. Only the beginning and not the
end is shown because the durations of the significance varied between subjects. The
important result here is that the onset of evoked contralateral response is consistent
across subjects independent of when the timing of the perturbation begins.
4.4 Summary
This chapter presents results of evoking kinematic and muscular changes in the
contralateral leg of healthy subjects using unilateral low stiffness perturbations of
the walking surface. By systematically altering the magnitude and timing of the
stiffness perturbations, along with the level of body-weight support, the effect of sur-
face stiffness in inter-leg coordination during human walking is investigated. The
56
Figure 4.5: Averaged muscle activity and joint kinematics of the unperturbed (right)
leg for a representative subject. Plotted from top to bottom is the normalized TA
EMG and normalized SOL EMG (in left column), and hip flexion (+) - extension
(-), knee flexion (-) - extension (+) and ankle dorsi (+) - plantar (-) flexion (in right
column). Mean (darker lines) and standard deviations (lightly shaded areas) values
for gait cycles pertaining each timing of the perturbation are shown along with an
indication of the timing of each perturbation. Statistically significant changes are
indicated by colored bars (corresponding to each perturbation timing, aligned verti-
cally from earliest to latest in the gait cycle) that are placed beneath a black asterisk.
Heel-strike and toe-off of the right leg are indicated by HS and TO, respectively. The
duration of the data plotted is approximately 3.3 s (Skidmore and Artemiadis, 2016a).
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repeatability (consistency across subjects and experiments) and scalability (signifi-
cant increase in EMG activity with decreasing stiffness) of the results demonstrate
the importance of the stiffness of the walking surface as a stimulus in human gait
(Skidmore and Artemiadis, 2016a). Moreover, the latency of evoked response and the
timing of evoked muscle activity in the contralateral leg suggests that the feedback
may be modulated by supra-spinal neural circuits. A detailed investigation into the
sensorimotor mechanism involved in the observed contralateral effect to unilateral
stiffness perturbations will be provided in Chapter 5.
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Chapter 5
INVESTIGATION OF RELATED SENSORIMOTOR MECHANISM
As was explained in Section 2.1, locomotion results from intricate dynamic interac-
tions between a central program and feedback mechanisms (Rossignol et al., 2006).
The feedback from muscle and skin afferents (somesthetic senses) and from the visual,
auditory, and vestibular systems (special senses) adapts the locomotor pattern to the
requirements of the environment (Rossignol et al., 2006). Thus, the response of the
body to unexpected perturbations to the environment, such as low stiffness pertur-
bations, is triggered by and related to the change in sensory feedback. In order to
understand the sensorimotor mechanism underlying the contralateral response seen in
Chapter 4, the potential contribution of each sensory modality to the perception (and
therefore the response) of the perturbation will be investigated. Additionally, the neu-
ral pathway that relays the sensory signal into the motor output will be investigated
in order to fully characterize this sensorimotor mechanism of inter-leg coordination.
5.1 Somesthetic Senses
5.1.1 Muscle Afferents
Muscle afferents from muscle spindles and Golgi Tendon Organs (GTOs) are a
key contribution to the proprioceptive sense. Proprioception is the sense of relative
positioning of parts of the body and is important in gait by regulating the amplitude
of muscle output in various phases of the gait cycle and by facilitating the switch
between phases (Rossignol et al., 2006). Muscle spindles are situated in parallel with
the muscle and provide feedback to the central nervous system by encoding the length
of the muscle as well as its change over time (i.e. muscle velocity). GTOs are in series
with the tendons of the muscles and sense the tension (i.e. muscle force) in the muscle.
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As was shown in Section 4.3.1 there are distinct changes in ipsilateral kinematics
due to the unilateral stiffness perturbations. In fact, this effect was by design and is
a unique feature of this work. Stiffness perturbations were chosen for investigating
sensorimotor mechanisms of inter-leg coordination because they allow for changes in
leg kinematics while still allowing the subject to maintain contact with the walking
surface. Thus stiffness perturbations allow for the investigation of the effect of a
change in kinematics during walking while still maintaining force feedback from the
walking surface (see Section 2.3 for more details).
However, the body does not detect change in joint angles directly, but rather
through muscle length and velocity sensed by muscle spindles. Therefore, ipsilateral
kinematics will not be discussed directly, but they will be used in biomechanical sim-
ulations to understand the proprioceptive feedback. The OpenSim software package
(Delp et al., 2007) was used to perform these analyses. A bipedal, 10 DOF model
with 18 muscles (9 for each leg), shown in Figure 5.1, was chosen in order to calculate
ipsilateral changes in muscle length. First of all, the model parameters were scaled
with anatomical measurements (i.e. length of limb segments and total weight) of the
subject. The bilateral kinematic data and ground reaction forces recorded during the
experiment were then loaded in the software. The Inverse Dynamics Tool calculated
the joint torques required to achieve the loaded motion. The Static Optimization Tool
was then run to resolve the net joint torques into individual muscle activations by
minimizing the total activation energy required to achieve the required joint torques.
Finally, the Muscle Analysis tool provided detailed information regarding the muscle
lengths and velocities.
In order to understand the difference in feedback information being relayed to
the central nervous system by the muscle afferents, the average change in muscle
length was calculated when comparing gait cycles with perturbations and gait cycles
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Figure 5.1: 10 DOF biomechanical model in OpenSim (Delp et al., 2007) for calcu-
lating ipsilateral changes in muscle length.
without perturbations. In order to do this, the average muscle length across all
normal cycles preceding a perturbation cycle (i.e. up to the gait cycle immediately
after the previous perturbation) were subtracted from the muscle length during that
perturbation cycle. This difference was then averaged across all perturbations of the
same type (i.e. magnitude and timing). The change in muscle length (mean and
standard deviation) of all nine modeled muscles on the ipsilateral leg for one type of
stiffness perturbation (20 kN/m during the loading response) is shown in Figure 5.2.
As expected, due to changes in all three ipsilateral joint angles (hip, knee, an-
kle), as seen in Figure 4.2, there are changes in all nine of the muscles. Moreover,
antagonistic muscles have reciprocal changes in muscle lengths. This can be seen
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Figure 5.2: Average (mean and standard deviation) change in ipsilateral muscle
lengths due to unilateral stiffness perturbations.
clearly in the soleus and tibialis anterior, as well as the gluteus maximus and iliopsas.
Therefore, the simulation data matches the experimental data. The main conclusion
from this analysis is that proprioception is definitely affected due to the stiffness per-
turbations, and must be accounted for in understanding the observed sensorimotor
mechanism.
5.1.2 Skin Afferents
Cutaneous feedback from skin afferents is utilized for correcting the placement
of the foot during gait and provides information with regards to foot contact and
interaction with the walking surface (Zehr et al., 1997). Stiffness perturbations were
chosen for this research because they allow the subject to maintain contact with the
walking surface, thus preventing a total loss of force feedback and high impact forces
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Figure 5.3: Foot force (mean and standard deviation) over one gait cycle at four
levels of walking surface stiffness.
upon reestablishing contact with the walking surface. The force exerted by the left
leg on the treadmill is measured with a loadcell during all experiments (see Section
3.1.2). The average force over one gait cycle is shown for the four levels of walking
surface stiffness described in 4.3.1 is shown in Figure 5.3.
As can be seen, there are only slight deviations from the normal force profile during
the high and medium stiffness perturbations of 100 and 50 kN/m, respectively. The
force during the low stiffness perturbation of 10 kN/m is significantly less than the
normal profile during the single support phase of the left leg. This difference is
explained by the compliance in the BWS that was implemented by design. A spring
is mounted on the body-weight system which allows the subject’s body to lower with
the treadmill deflection. This allows the foot to continue to apply a similar force to
the treadmill for most levels of stiffness, as shown by the 100 and 50 kN/m profiles.
However, with larger deflections of the treadmill, such as those seen with low stiffness
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perturbations (i.e. 10 kN/m), the spring on the BWS is completely compressed by the
weight of the subject, and acts like a hard stop. Therefore, the harness will carry a
greater load as it prevents the subjects from falling. Nevertheless, there is continuous
contact with the walking surface during stiffness perturbations, thus the body can
always detect that a surface is present (as evidenced by the nonzero force profile).
Therefore, any changes in cutaneous feedback due to the stiffness perturbations are
assumed to be negligible during the stiffness perturbations.
5.2 Special Senses
5.2.1 Vision
The visual system is used to choose a direction and avoid obstacles during lo-
comotion (Rossignol et al., 2006). In the experiments with stiffness perturbations,
there are no indications preceding a perturbation that would alert the subject to an
upcoming perturbation. The first visual indication of a perturbation is when the
lever arm attached to the treadmill platform deflects upward due to the rotation of
the treadmill platform about its pivot point under the load of the subject. However,
this is a minor change in the optical flow field and assumed not to be involved in the
perception of the perturbation. Moreover, the latencies from the commanded per-
turbation to the contralateral response are shorter than what would be required for
processing the visual information and sending commands to the leg muscles (Di Lollo
et al., 2000). Therefore, vision is concluded to not be influential in the contralateral
effect seen in Chapter 4.
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5.2.2 Audition
Sound can be incorporated in locomotion by utilizing rhythmic sounds to organize
movement and mark time. The use of rhythmic acoustic stimuli, such as metronomes
or music, has gained popularity in gait rehabilitation of various movement disorders,
including stroke and Parkinson’s disease (Roerdink et al., 2011; Thaut et al., 1997).
While there is no auditory indication of an upcoming perturbation during an experi-
ment, a sound is created when the linear actuator moves to create a change in walking
surface stiffness. A couple of investigations were performed in order to investigate
the contribution of auditory feedback in the observed contralateral response.
First, an investigation was performed in which a subject walked on the VST with
and without noise canceling headphones and experienced the same stiffness pertur-
bations. The perturbations for this investigation were applied during the loading
response with a magnitude of 60 kN/m, in the same manner as was described in Sec-
tion 4.1.1. Moreover, the subject walked at a speed of 0.6 m/s and was provided with
30% BWS, to be consistent with previous experiments. The subject experienced 20
perturbations for each experimental condition (i.e. with and without headphones).
The average TA activation while wearing and not wearing the noise canceling
headphones are plotted on top of each other for comparison in Figure 5.4 for both
normal and perturbed gait cycles. The plot on the left of the TA activation with
and without noise canceling headphones serves as a validation that the same muscle
activation is seen during both trials. The plot on the right shows that there is no
change in evoked contralateral TA activation due to the noise canceling headphones.
Therefore, it is concluded that the noise of the linear actuator during a perturbation
does not contribute to the evoked contralateral response. However, comparing the
level of TA activation from the perturbed gait cycles (right plot) with the normal gait
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cycles (left plot) confirms the previously presented result that unilateral low stiffness
perturbations applied during the loading response result in increased contralateral
TA activation.
Figure 5.4: Normalized TA EMG with and without noise canceling headphones for
both normal (left) and perturbed (right) gait cycles.
Second, an intense auditory stimulus can generate a startle response in humans
that is partially seen in legs (Rossignol et al., 2006; Sanders et al., 2015). Subjects
report that they do not feel startled when experiencing a perturbation, but in order to
verify objectively that a startle response is not occurring, EMG electrodes were placed
bilaterally on the the sternocleidomastoid (SCM) muscles while subjects experienced
low stiffness perturbations. Three subjects participated in this investigation and each
subject experienced 50 perturbations that were applied during the loading response
with a magnitude of 20 kN/m, in the same manner as was described in Section
4.1.1. Each subject walked at 0.6 m/s and was provided with 30% BWS to ensure
consistency with previous experiments.
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Figure 5.5: Averaged (mean and standard deviation) left sternocleidomastoid (top)
EMG and right sternocleidomastoid (bottom) EMG during treadmill walking with
random stiffness perturbations.
The normalized EMG of the left and right SCMs averaged across all gait cycles
pertaining to normal walking and stiffness perturbations is shown in Figure 5.5 for
a representative subject. There is no significant difference in EMG for either the
left or right SCM. For comparison with voluntarily activated SCMs, the raw EMG
from the experiment is plotted in Figure 5.6, where the data is plotted for 1 minute of
experiment time followed by the subject looking left and then right for 6 seconds after
the walking portion of the experiment. An indication of when stiffness perturbations
occurred is also shown. This comparison reveals that there is no substantial activation
of the SCMs during the experiment. Since startle responses are characterized by
rapid bilateral sternocleidomastoid muscle activation within 80ms of stimulus onset
(Sanders et al., 2015), it is concluded that a startle response is not elicited by low
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Figure 5.6: Raw sternocleidomastoid EMG during treadmill walking with random
stiffness perturbations (left) and when voluntarily contracting muscles after walking
by looking left and then right (right).
stiffness perturbations. Therefore, it is concluded that the audition has no effect on
the contralateral response and is not a part of the related sensorimotor mechanism.
5.2.3 Vestibular
The vestibular system provides information that is used for orientation, balance,
and posture (Rossignol et al., 2006) and patients with vestibular deficiency show ab-
normal gait patterns (Mamoto et al., 2002; Whitney et al., 2009). The vestibular
system is located inside each ear and is composed of the saccule and utricle that de-
tect gravity and linear accelerations and three nearly orthogonal semicircular canals
that detect rotational accelerations. The use of 30% BWS for the majority of this
research was chosen to partially support the patient, thereby providing postural sta-
bility. This was intended to eliminate vestibular responses due to maintaining balance.
However, inherent in a stiffness perturbation is the deflection of the treadmill under
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the load of the subject. Therefore, some amount of vertical linear acceleration would
be anticipated.
In order to experimentally verify the change in vestibular feedback during stiffness
perturbations, an investigation was performed in which 3-axis accelerometers (Delsys
Trigno) were placed bilaterally on the mandible (so as to roughly approximate the
location and function of the saccule and utricle) and on the upper sternum. Two
subjects walked on the treadmill at 0.6 m/s with 30% BWS for at least 250 gait cycles.
The perturbations for this investigation were applied during the loading response with
a magnitude of 20 kN/m, in the same manner as was described in Section 4.1.1. Each
subject experienced the described perturbations 17 times.
The vertical acceleration of the body as recorded from the accelerometers is shown
in Figure 5.7. As is expected for normal gait on a flat walking surface, there are small
fluctuations in vertical acceleration during gait cycles without a perturbation (shown
in red) as the center of mass of the subject rises and falls in a cyclic manner (Perry,
1992). Additionally, there are significant deviations from the normal profile during
the stiffness perturbations which verifies that the vestibular feedback is perturbed
during stiffness perturbations. An intense change in vestibular input could also elicit
a startle response (Yeomans et al., 2002), but the startle response has already been
eliminated as a contributing factor as described above in Section 5.2.2.
5.3 Neural Pathway
As mentioned in Section 4.4, the results from the experiments in Chapter 4 suggest
that the response is mediated through supra-spinal neural pathways. The latency of
the contralateral response, the timing of the evoked muscle activation during the gait
cycle, and a study with EEG recordings all provide support for this conclusion, and
will be discussed below.
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Figure 5.7: The average vertical acceleration (mean and standard deviation) of the
body over the gait cycle from accelerometers placed on the left of the head (top),
right of the head (middle), and torso (bottom), for a representative subject.
5.3.1 Latency of Response
The consistent latency of evoked muscle activity after the perturbation in the
results of Chapter 4 suggest that supra-spinal neural circuitry, as opposed to a spinal
reflex mechanism, is stimulated through sudden low stiffness perturbations. The
latency averaged across subjects and experiments resulted in a mean of 202 ± 60
ms (Skidmore and Artemiadis, 2016a). A delay of this duration is longer than the
50-80 ms latency that would be seen for spinal reflexes (Darton et al., 1985; Yavuz
et al., 2014). Rather delays greater than 125 ms correspond to transcortical circuitry
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(Christensen et al., 2000b; Shemmell et al., 2009; Zuur et al., 2009), suggesting that
supra-spinal regions are stimulated through the low stiffness perturbations.
5.3.2 Timing of Response
In addition, the timing of the evoked EMG in both the TA and SOL within the gait
cycle suggests that supraspinal structures modify the amplitude of the neuromuscular
response to sensory stimuli created by sudden changes in surface stiffness but does
not initiate activation of the muscles in gait. This is consistent with the theory that
supraspinal structures are not responsible for generating basic gait motor patterns
through cyclical flexion and extension of the joints, but rather in modulating these
basic gait patterns with descending inputs (Rossignol et al., 2006; Skidmore and
Artemiadis, 2016a).
As can be seen in Figures 4.2, 4.3, and 4.5, the majority of the evoked muscle
activity occurs only when the muscle is normally active. Specifically, evoked EMG
in the TA is seen during the swing phase and beginning of the stance phase, with
the greatest change in EMG occurring at the same time (approximately 30% of the
gait cycle) as the peak EMG during normal walking. The same pattern is seen for
the SOL. Even though the perturbation occurs from approximately 8 to 60% of the
gait cycle, evoked muscle activity of the SOL is not seen until the stance phase later
in the gait cycle, which is when the SOL is active in normal walking (Perry, 1992;
Skidmore and Artemiadis, 2016a). This result also agrees with research that has
shown motor evoked potentials (MEPs) in plantar- and dorsi-flexors evoked by TMS
are only evident during phases of the gait cycle when a muscle is active (Belda-Lois
et al., 2011). For example, MEPs in the soleus are present during stance and absent
during swing (Capaday et al., 1999; Schubert et al., 1997).
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Figure 5.8: Averaged TA and SOL muscle activity for gait cycles at each of the four
surface stiffness levels for a representative subject from experiment 1. Mean (darker
lines) and standard deviation (lightly shaded areas) values are shown. An indication
of the timing of the perturbation and the swing and stance phases are also shown
(Skidmore and Artemiadis (2015b), c©2015 IEEE).
This result of the evoked TA and SOL activity occurring during swing and stance
phase, respectively, for a representative subject from experiment 1 is demonstrated
succinctly in Figure 5.8.
5.3.3 EEG Recordings
An experiment with low stiffness perturbations to healthy subjects while mea-
suring brain activations with EEG and contralateral muscle activations with EMG
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was performed to investigate the existence of supraspinal influences in inter-leg co-
ordination. This section comes from part of a publication in the proceedings of the
2016 IEEE International Conference on Robotics and Automation (Skidmore and
Artemiadis (2016c), c©2016 IEEE), with slight adaptation.
5.3.3.1 Experimental Protocol
For this study two healthy subjects [Subject 1: age 20 years, weight 130 lbs, height
70 in; Subject 2: age 25 years, weight 175 lbs, height 75 in] were supported by 30%
BWS and walked on the treadmill at a speed of 0.60 m/s for at least 320 gait cycles.
A speed of 0.60 m/s was chosen for comparison with the previous experiments. As
with previous experiments, the right treadmill belt was not allowed to deflect for the
duration of the experiment, thus preventing any direct perturbation of the right leg.
The surface underneath the left leg was commanded to maintain a stiffness of 1 MN/m
for 30 gait cycles at the beginning of the experiment. Then, after a random number n
of steps, where n ∈ [4, 7], the stiffness was immediately dropped to a constant value of
60 kN/m. A stiffness level of 60 kN/m was chosen because it resembles that of a gym
mat (Chang et al., 2010) and for comparison with experiments presented in Chapter
4. The low stiffness perturbation began shortly after heel strike (approximately 125
ms) and lasted for the duration of the left leg stance phase (i.e. until toe-off) after
which the stiffness was commanded back to 1 MN/m for the next n number of steps.
A graphical representation of the timing of the stiffness perturbation is included at
the bottom of Figure 5.11. Each subject experienced 50 low stiffness perturbations.
Informed consent from the subject was obtained at the time of the experiment, and
the experimental protocol is approved by the Arizona State University Institutional
Review Board (IRB ID#: STUDY00001001).
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Figure 5.9: Subject on the VST wearing the EEG cap (Skidmore and Artemiadis
(2016c), c©2016 IEEE).
5.3.3.2 Data Collection and Processing
Kinematic data for both legs were obtained at 140 Hz using an infrared camera system
that tracked 12 infrared LEDs (6 on each leg) placed as pairs on the thigh, shank, and
foot. This data was also utilized in real time for timing of the stiffness perturbation.
The muscle activity of the unperturbed leg was obtained using surface electromyo-
graphy (EMG) via a wireless surface EMG system (Delsys, Trigno Wireless EMG)
and recorded at 2000 Hz. Electrodes were placed on the tibialis anterior (TA), gas-
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trocnemius (GA) and soleus (SOL) of the right leg. After computing the EMG linear
envelope, the data were normalized to the maximum value of that EMG signal. The
EMG data corresponding to the gait cycles of walking on the rigid surface and the
cycles pertaining to the low stiffness perturbations were found and categorized ac-
cordingly. Because muscle activity during walking is highly dependent on the phase
of the gait cycle, the data were normalized temporally to percent gait cycle. The first
30 gait cycles and the cycles in between perturbations at rigid stiffness (except for one
cycle following a perturbation to eliminate any residual effects from the perturbation)
are included in the unperturbed data set. The normalized EMG signals were then
resampled at the average duration of the gait cycle in order to plot the EMG activity
over time, where time = 0 corresponds to the heel strike of the left leg.
The EEG data were collected using a BrainProducts ActiCHamp amplifier module
and 128 active electrodes, as shown in Figure 5.9. The electrodes were placed on
the subject’s scalp based on the International 10-20 system using a BrainProducts
ActiCAP cap. The data were recorded at 1000 Hz. The processing of the EEG data
was done using the EEGLAB (Delorme and Makeig, 2004) and ERPLAB (Lopez-
Calderon and Luck, 2014) packages which are available for the Matlab environment.
First, a 6th order high-pass Butterworth filter at 1 Hz followed by a 6th order low-
pass Butterworth filter at 40 Hz were applied to the data in order to remove any low
frequency trends and high frequency noise, respectively. The filtered data were then
re-referenced at average reference and epoched at 500 ms before and 1.2 s after the left
heel-strike. Finally, channels and epochs that contained artifacts were removed from
the data set. This was done using standard artifact rejection techniques implemented
in EEGLAB that include detection of extremely large fluctuations in voltage levels,
abnormal trends, improbable data and abnormal distributions.
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5.3.3.3 Results
The results of the experiment show significant changes in EEG activity, as well as the
kinematics and muscle activity of the right leg, in response to the low stiffness per-
turbations on the left leg. Since the changes in contralateral kinematics and muscle
activity match the results that have been previously presented (see Chapter 4) and
the focus of this section is to understand supraspinal influences on inter-leg coordina-
tion by investigating the response of the brain to stiffness perturbations, kinematic
data will not be presented and muscle activation will only be included in support of
understanding supraspinal influences on inter-leg coordination. However, the kine-
matic and muscular responses recorded during this study are consistent with what
was shown in Chapter 4.
Significant changes in EEG activity were seen between the event related potentials
(ERPs) of the perturbed and unperturbed gait cycles throughout the data epochs.
Statistically significant differences between the two cases were calculated for all chan-
nels at every 1 ms of the epoch using a two sample unpaired t-test at the 95%
confidence level. Topological plots of statistical significance are shown at 25 ms in-
tervals from -50 to 1050 ms (where t = 0 ms corresponds to left heel strike) for both
subjects in Figure 5.10. Significant differences are indicated in red while insignificant
differences are designated by green. Other colors that are seen in the figure result
from interpolation across the topology of values at the electrode locations.
As can be seen in the figure, there are time periods with little to no significant
changes and but there are also noticeable regions with sustained levels of significance.
Specifically, from approximately 150 to 575 ms for subject 1 and 350 to 525 ms for
subject 2 there are generally sustained significant differences in the same regions of
the brain. Generally speaking, these regions of activation are near the center of the
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Figure 5.10: Topological plots of statistical significance at 25 ms intervals from -50 to
1050 ms (where t = 0 ms corresponds to left heel strike) for both subjects. Significant
differences are indicated in red while insignificant differences are designated by green.
Other colors result from interpolation across the topology of values at the electrode
locations. The low stiffness perturbation began shortly after heel strike (approx. at
125ms) and lasted for the duration of the left leg stance phase (ie. until toe-off), which
occurred at approx. 815 and 1150 ms for subject 1 and 2, respectively (Skidmore and
Artemiadis (2016c), c©2016 IEEE).
brain with a bias to the left of the midline. This is the approximate location of the
medial section of the primary motor and sensory cortices which lie just anterior and
posterior of the central sulcus, respectively. Regions with concentrated significance
and large gradients with very little activation elsewhere in the topology (ex. subject
1 at 800 ms) are also seen in the figure and are attributed to blinking artifacts and
not actual brain activations.
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Figure 5.11: EEG potential at the CP1 location and normalized EMG for the
tibialis anterior (TA) for both subjects. Mean (darker lines) and standard deviations
(lightly shaded areas) values are shown for the perturbed and unperturbed gait cycles.
Statistically significant changes are indicated by colored bars that correspond to the
type of neural signal. An indication of the timing of the perturbation is also shown.
RTO and RHS correspond to toe-off and heel-strike of the right leg, respectively
(Skidmore and Artemiadis (2016c), c©2016 IEEE).
In order to visualize the actual ERPs, the EEG potential recorded at location CP1
of the International 10-20 system (mean and standard deviation) over time under both
conditions (perturbed and unperturbed) for both subjects is shown in Figure 5.11.
The normalized right leg TA EMG activity for both conditions and both subjects is
also included for comparison between the central and peripheral neural activity.
As seen in the figure, there are statistically significant differences between the un-
perturbed and perturbed cases in both brain and muscle activation for both subjects.
For subject 1 the EEG and EMG are significant from 200-729, 863-1083 and 291-1200
ms, respectively. For subject 2 the EEG and EMG are significant from 283-776 and
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341-648 ms, respectively. Therefore, the latency from the onset of perturbation to
significant changes in EEG and EMG are 71 and 162 ms, respectively, for subject 1,
and 161 and 219 ms, respectively, for subject 2. The differences in onset of evoked
muscle and brain activity between the two subjects results from subject 2 having a
larger stride length than subject 1, and they walked at the same treadmill speed.
5.3.3.4 Discussion
The latency of response seen in Chapter 4 is again seen for both subjects (delay > 150
ms) in the evoked TA activation shown in Figure 5.11, which supports the hypothesis
of supra-spinal circuitry. Furthermore, significant changes in EEG activation are seen
prior to the evoked TA activity for both subjects. The latency of EEG response
at location CP1 shown in Figure 5.11 precedes the TA activation by 98 and 58 ms
for subjects 1 and 2, respectively. Therefore, this finding provides stronger support
that supraspinal mechanisms are involved in mechanisms of inter-leg coordination
and participate in the evoked TA activation.
Moreover, as seen in Figure 5.10, the main concentration of significant changes
is seen in the medial side of the left brain near the mid-coronal plane. This is the
approximate location of the medial section of the primary motor and sensory cortices
which lie just anterior and posterior of the central sulcus, respectively. These areas
are primarily involved in motor commands and sensory responses to and from the
right side of the body, respectively. Specifically, activations in the medial section of
the primary motor cortex near the brain midline are associated with motor output
in the lower limb of the right leg. Because the activation in the brain is seen before
changes in muscle activity of the right leg (as described above), it is concluded that
the activations are associated with the motor output signal as opposed to the input
sensory signal. Therefore, this provides some indication that the brain is influenced
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by the low stiffness stimulus to the left leg and then contributes to the evoked TA
activity of the right leg.
5.4 Summary
A systematic investigation of the role of several sensory modalities (muscle af-
ferents, skin afferents, vision, audition, vestibular) has shown that the body detects
the stiffness perturbations through proprioceptive and vestibular feedback. Moreover,
the latency of the contralateral response, the timing of the evoked muscle activation
during the gait cycle, and a study with EEG recordings all support the hypothesis
that the sensorimotor mechanism responsible for the response to these perturbations
is mediated through the brain. In fact, it appears that this sensorimotor mechanism
may pass through the motor cortex, and be considered as what has been defined as
a “transcortical reflex loop” (Shemmell et al., 2009).
This result agrees with other studies that have shown the existence of a long-loop
transcortical reflex that can modulate a stretch reflex (Shemmell et al., 2009; Zuur
et al., 2009). Zuur et al. (2009) have shown suppression of the tibialis anterior stretch
reflex in early stance phase by repetitive transcranial magnetic stimulation over the
motor cortex. This indicates that this reflex is modulated through the motor cortex
which is in agreement with the EEG data presented in Section 5.3.3. With all of
the above considerations, it is reasonable to assume that the repeatable contralateral
response due to unilateral stiffness perturbations is due to a sensorimotor mechanism
that is mediated through the motor cortex and may be considered a transcortical
reflex.
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Chapter 6
MODEL OF OBSERVED SENSORIMOTOR MECHANISM
A model which relates the vertical deflection of the left walking surface to the evoked
contralateral muscle activation is developed in this chapter. This model was developed
with the aims of 1) predicting contralateral muscle activation based on the timing and
magnitude of the unilateral stiffness perturbations and 2) providing insight into the
observed sensorimotor mechanism. A description of the experiment for obtaining the
necessary data will be presented, followed by the formulation of the model. Results
and validation of the model will then be presented and discussed.
6.1 Experiment
6.1.1 Experimental Protocol
Eight healthy subjects [age 24 ± 4 years, weight 150 ± 18 pounds, height 69 ± 3
inches] were supported by 30% BWS and walked on the VST at a speed of 0.60 m/s
for 575 gait cycles. The surface underneath the left leg was commanded to maintain
a stiffness of 1 MN/m, which is very high and considered to be rigid, for 30 gait
cycles at the beginning of the experiment. Then, after a random number n of steps,
where n ∈ [4, 8], the stiffness of the left walking surface was lowered to 1 of 3 levels.
For subjects who weighed less than 165 lbs (6 subjects) the three levels were 20, 40,
and 60 kN/m. For subjects who weighed more than 165 lbs (2 subjects) the three
levels were 40, 60, and 80 kN/m. The differentiation of stiffness levels for different
subject weights was chosen in order to have similar deflection levels independent of
body weight. Otherwise, for a given stiffness level, heavier subjects would create
larger deflections than lighter subjects. The levels of stiffness will be designated as
low, medium, and high for the remainder of this chapter. The stiffness perturbation
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began randomly at either 10, 30, or 60% of the stance phase and will be referred
to as loading response, mid-stance, and terminal stance perturbations, respectively.
Each perturbation lasted for the duration of the left leg stance phase after which the
stiffness was commanded back to 1 MN/m during the left leg swing phase in order to
create a rigid walking surface for the next n number of steps. Each subject experienced
10 perturbations at each timing and magnitude for a total of 90 perturbations. The
right treadmill belt was not allowed to deflect for the duration of the experiment,
thus preventing any direct perturbation of the right leg. Informed consent from the
subject was obtained at the time of the experiment, and the experimental protocol
is approved by the Arizona State University Institutional Review Board (IRB ID#:
STUDY00001001).
6.1.2 Data Collection and Processing
Kinematic data for both legs were obtained at 140 Hz using an infrared camera
system that tracked 12 infrared LEDs (6 on each leg) placed as pairs on the thigh,
shank, and foot. This real-time data was sampled at 20 Hz to be utilized for timing of
the stiffness perturbation. The force exerted by the subject and the angular deflection
of the left walking surface were also recorded at 20 Hz.
The muscle activity of the right leg was obtained using surface electromyogra-
phy (EMG) via a wireless surface EMG system (Delsys, Trigno Wireless EMG) and
recorded at 2000 Hz. Electrodes were placed on the tibialis anterior (TA), and soleus
(SOL). Raw EMG signals were processed by finding the moving root mean square
envelope of each signal with a sliding window of 250 ms. After computing the EMG
linear envelope, the data were normalized to the maximum value of that EMG signal.
Finally, the data was filtered using a 2nd order low-pass Butterworth filter with a
cutoff frequency of 10 Hz.
82
The kinematic, force, deflection, and EMG data corresponding to the gait cycles
of normal conditions and the cycles pertaining to each of the 9 types of perturbations
were found and separated. The data of each gait cycle was truncated to the length
of the shortest gait cycle and resampled at each 0.1% of the total cycle time for
comparison of gait cycles over time. The first 30 gait cycles and the cycles in between
perturbations during the normal conditions are included in the unperturbed data set.
One gait cycle following a perturbation is not included in the unperturbed set in order
to eliminate any residual effects from that may exist from the perturbation.
In order to evaluate the significance of recorded kinematic and muscular responses
when compared to the normal condition, statistical significance was determined using
an unadjusted unpaired t-test at each time instance. The unpaired t-test was selected
in this case because it is a comparison of two independent distributions (ie. gait
cycles with and without perturbation) which have similar variances but different
sample sizes. Each statistical test was performed at the 95% confidence level and
any potential Type I errors from tests being performed at each 0.1% of the gait cycle
were eliminated by only concluding significance if at least 40 tests (i.e. 4% of the gait
cycle) in a row indicated significance.
6.2 Model
After determining the sensory modalities that are involved (i.e. vestibular and
proprioception) in the observed contralateral response, a simplified model of inter-leg
coordination can be made that will relate this sensory feedback to the evoked muscle
activity. Since the objective of this model is to capture and predict the effects of the
low stiffness perturbations, the model will be created with input and output signals
that represent deviations from normal operating conditions. In other words, instead
of creating a model that utilizes measurements of sensory signals to predict measured
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Figure 6.1: Block diagram of the simplified model of inter-leg coordination consisting
of phase selected transfer functions with delays.
contralateral EMG during all (perturbed and unperturbed) cycles, the model will
predict only evoked muscle activation (i.e. the recorded EMG during perturbation
minus recorded EMG during cycles with no perturbation) with a representation of
changes in sensory feedback. A block diagram of the simplified model is shown in
Figure 6.1 and will be described below.
The input to the model was chosen to be the vertical deflection of the treadmill
because it is a simple and appropriate representation of the combined change in
proprioceptive and vestibular feedback. As the treadmill deflects under the load of
the subject during a stiffness perturbation, there is a simultaneous change in both
proprioceptive and vestibular feedback as indicated by changes in leg kinematics and
body vertical acceleration. Both sensory modalities are encoding the change in the
subject’s vertical position, and since the subject always maintains contact with the
treadmill surface, the change in vertical position can be described by the vertical
deflection of the treadmill at the location of the foot. Moreover, the deflection of the
treadmill is controllable by the operator through the choice of stiffness level, which
would be beneficial for a therapy situation.
As mentioned above, the output of the model is evoked EMG. The recorded EMG
during each perturbation gait cycle was subtracted from the mean of the EMG record-
ings from the last 25 unperturbed gait cycles that proceeded that perturbed gait cycle.
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The mean was calculated with 25 gait cycles so as to include sufficient gait cycles for
an accurate sample distribution mean and to not introduce any bias that could exist
due to slight changes in experimental conditions (eg. small decrease in BWS over
time due to harness slippage).
The relationship between the vertical deflection of the treadmill and the evoked
muscle activity is highly nonlinear, time dependent, and has a latency of response.
However, a nonlinear time-varying system can be approximated as a series of linear
models at a variety of operating conditions. For this model, the system is approxi-
mated as three linear systems, each with an associated delay, at three different phases
of the gait cycle. Each model is fit with 200 ms of data, which is approximately the
duration between operating conditions. Another simplifying assumption, validated
by the recorded data and discussed in the previous chapter, is that evoked muscle
activation is only seen when the muscles are normally active. In response to the stiff-
ness perturbations, the activity is only evoked in the TA during the loading response
perturbation, within the first 500 ms. Conversely, the SOL is only evoked during
the mid-stance and terminal stance perturbations. Therefore, each linear model is
simplified to a linear single-input, single-output function with a delay.
6.2.1 Parameter identification
The delays (a1, a2, a3) were found by finding the latency between the beginning of
the low stiffness perturbation to the evoked muscular response. The beginning of the
perturbation was designated by the average time at which the treadmill deflection was
first greater than zero. The time instance in which muscle activity was considered to
have been evoked was determined when the data was significantly greater than zero,
determined by a one-sample upper t-test at the 95% confidence level.
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System identification techniques were used to identify the relationship between
the evoked EMG activity (model output) to the vertical treadmill deflection (input).
A variety of model orders and types were investigated as options to create a black
box model. Eighty percent (80%) of the data cycles corresponding to low and high
stiffness perturbations were randomly selected for fitting the models. The resultant
models were then tested against the remaining 20% of the data from those data sets,
and all of the medium stiffness data sets, as validation. The model was validated with
the medium stiffness level to verify the generalization of the model to stiffness levels
on which it was not trained. Expectation maximization (EM) algorithms were used
for fitting the model, implemented in the System Identification Toolbox in MATLAB.
Based on the normalized root mean square error between the model prediction and
validation data, and the complexity of the model, a forth order polynomial model
with Box-Jenkins structure was selected. This model structure is shown in Equation
6.1,
y(kT ) =
B(z)
F (z)
u(kT ) +
C(z)
F (z)
e(kT ) (6.1)
where B(z), F (z), C(z), and F (z) are 4th order polynomials and y(kT ), u(kT ),
and e(kT ) are the evoked muscle activity, vertical deflection, and white noise, respec-
tively, at time kT .
The model prediction and experimental validation data were compared with the
Pearson correlation coefficient and a fitness value derived from the normalized root
mean square error shown in Equation 6.2
f = 1− ||y − yˆ||2||y −mean(y)||2
(6.2)
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where f is the fitness value, y is the experimental validation data and yˆ is the
model prediction.
6.3 Results
The results of the kinematic and muscular response for this experiment show a
response that is scalable with the magnitude of the perturbation and dependent on
the timing of the perturbation within the gait cycle. As this result has been shown
in Chapter 4, it will not be shown nor discussed in this chapter. However, this data
confirms the previous results and will be used to fit a model that predicts contralateral
muscle activation based on the magnitude and timing of the vertical deflection of the
treadmill.
The latencies (a1, a2, a3) for each of the three models for all 8 subjects are shown
in Table 6.1. The average and standard deviation across subjects is also shown.
A dash indicates that there was not significant evoked EMG activity, and thus a
latency could not be calculated. The TA EMG for subject 7 was very noisy and did
not resemble appropriate activation of the TA during normal walking, presumably
due to inadequate attachment or poor placement of the electrode. This made latency
1 incalculable and is indicated with an asterisk. The data for this subject are still
included in the analysis because the SOL EMG, kinematics, deflection, and force data
are accurate and useful for the purposes of this model.
The roots of the model polynomials in polar form, followed by the fitness values
and the Pearson correlation coefficients (mean and standard deviation), for all 3
models (T1, T2, T3) are shown below in Tables 6.2 - 6.10.
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Table 6.1: Model Latency Values
Latency 1 (ms) Latency 2 (ms) Latency 3 (ms)
Subject 1 163.1 271.6 -
Subject 2 96.4 401.3 181.0
Subject 3 98.5 - -
Subject 4 146.0 196.8 -
Subject 5 139.8 246.0 193.3
Subject 6 136.1 - -
Subject 7 * 285.7 -
Subject 8 106.8 237.8 -
Ave±std 126.7±26.0 273.2±69.9 187.2±8.7
6.4 Discussion
The main objectives in the creation of the presented model were to 1) predict
contralateral muscle activation based on the timing and magnitude of the unilateral
stiffness perturbations and 2) provide insight into the related sensorimotor mecha-
nism. A discussion of how the model addresses each of these points will be presented
below.
6.4.1 Model prediction
As shown in Tables 6.5 - 6.10, the model prediction matches the experimental data
with high accuracy (average fitness value ≥ 0.66 and average correlation coefficient
≥ 0.91) for all models. Moreover, the accuracy of fit is high across all levels of
stiffness. Since the model was trained with 80% of the data from the low and high
stiffness perturbations, and with no data from the medium stiffness perturbation
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Table 6.2: Roots of Model 1 Polynomials
B(z) F(z) C(z) D(z)
Subject 1
0.04∠180◦ 0.99∠± 1◦ 0.97∠± 175◦ 0.94∠± 29◦
1.01∠± 177◦ 0.54∠± 63◦ 0.97∠± 179◦ 1.00∠± 1◦
Subject 2
0.64∠180◦ 0.97∠± 32◦ 0.98∠± 173◦ 0.91∠± 28◦
1.03∠180◦ 0.97∠± 3◦ 0.98∠± 179◦ 0.99∠± 0◦
1.08∠180◦
Subject 3
1.41∠0◦ 0.97∠± 5◦ 0.95∠± 174◦ 0.90∠± 27◦
1.01∠± 169◦ 0.92∠± 0◦ 0.87∠± 170◦ 0.99∠± 1◦
Subject 4
0.53∠180◦ 0.98∠± 27◦ 0.97∠± 176◦ 0.94∠± 27◦
1.06∠± 175◦ 0.96∠± 1◦ 0.96∠± 179◦ 0.99∠± 1◦
Subject 5
4.24∠0◦ 0.99∠± 32◦ 0.97∠± 177◦ 0.89∠± 26◦
1.00∠± 179◦ 0.98∠± 1◦ 0.97∠± 179◦ 0.99∠± 1◦
Subject 6
2.44∠0◦ 0.99∠± 28◦ 0.98∠± 177◦ 0.91∠± 27◦
0.98∠± 178◦ 0.99∠± 2◦ 0.97∠± 179◦ 1.00∠0◦
0.99∠0◦
Subject 8
1.06∠180◦ 0.96∠± 2◦ 0.96∠± 174◦ 0.89∠± 27◦
0.92∠± 169◦ 0.96∠0◦ 0.96∠± 179◦ 1.00∠± 2◦
0.31∠180◦
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Table 6.3: Roots of Model 2 Polynomials
B(z) F(z) C(z) D(z)
Subject 1
2.11∠0◦ 0.97∠± 3◦ 0.97∠± 176◦ 0.93∠± 31◦
1.04∠± 178◦ 0.98∠± 29◦ 0.97∠180◦ 1.00∠± 0◦
0.90∠180◦
Subject 2
1.23∠0◦ 0.96∠± 4◦ 0.97∠± 175◦ 0.95∠± 31◦
1.01∠± 178◦ 0.95∠± 1◦ 0.97∠± 179◦ 0.99∠± 1◦
Subject 4
0.98∠180◦ 0.98∠± 27◦ 0.98∠± 175◦ 0.91∠± 28◦
0.79∠180◦ 0.98∠± 2◦ 0.98∠± 178◦ 1.00∠0◦
0.15∠0◦ 0.97∠0◦
Subject 5
0.93∠0◦ 0.90∠± 22◦ 0.98∠± 176◦ 0.93∠± 24◦
1.01∠± 177◦ 0.97∠± 1◦ 0.97∠± 178◦ 1.00∠± 1◦
Subject 7
1.10∠0◦ 0.95∠± 35◦ 0.99∠± 171◦ 0.99∠± 0◦
1.02∠180◦ 0.98∠0◦ 0.99∠180◦ 0.81∠± 1◦
0.87∠180◦ 0.95∠0◦ 0.58∠0◦
Subject 8
803.79∠180◦ 0.99∠± 80◦ 0.98∠± 148◦ 0.92∠± 34◦
1.02∠± 174◦ 0.97∠± 2◦ 0.97∠± 178◦ 1.01∠± 1◦
Table 6.4: Roots of Model 3 Polynomials
B(z) F(z) C(z) D(z)
Subject 2
1.11∠180◦ 0.98∠± 27◦ 0.97∠± 177◦ 0.95∠± 31◦
1.02∠180◦ 0.97∠± 1◦ 0.97∠± 179◦ 1.00∠± 0◦
0.00∠0◦
Subject 5
0.66∠0◦ 0.94∠± 15◦ 0.97∠± 175◦ 0.95∠± 31◦
1.04∠± 180◦ 0.95∠± 3◦ 0.96∠± 179◦ 1.00∠± 0◦
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Table 6.5: Model 1 Validation - Fitness Value
Low Medium High All
Subject 1 0.85± 0.04 0.81± 0.05 0.85± 0.03 0.82± 0.05
Subject 2 0.83± 0.05 0.76± 0.13 0.82± 0.11 0.78± 0.12
Subject 3 0.88± 0.06 0.76± 0.21 0.67± 0.22 0.76± 0.19
Subject 4 0.76± 0.03 0.69± 0.26 0.83± 0.00 0.72± 0.22
Subject 5 0.80± 0.19 0.76± 0.20 0.70± 0.05 0.76± 0.18
Subject 6 0.88± 0.03 0.73± 0.14 0.40± 0.16 0.71± 0.19
Subject 8 0.80± 0.22 0.79± 0.13 0.76± 0.07 0.79± 0.13
Average 0.83± 0.04 0.76± 0.04 0.72± 0.16 0.76± 0.04
Table 6.6: Model 1 Validation - Correlation Coefficient
Low Medium High All
Subject 1 0.99± 0.01 0.98± 0.01 0.99± 0.00 0.98± 0.01
Subject 2 0.99± 0.01 0.96± 0.04 0.98± 0.02 0.97± 0.03
Subject 3 0.99± 0.01 0.95± 0.07 0.93± 0.08 0.95± 0.06
Subject 4 0.97± 0.01 0.91± 0.11 0.99± 0.00 0.93± 0.10
Subject 5 0.97± 0.04 0.96± 0.07 0.95± 0.02 0.96± 0.06
Subject 6 0.99± 0.00 0.95± 0.04 0.79± 0.12 0.94± 0.09
Subject 8 0.97± 0.04 0.97± 0.04 0.97± 0.02 0.97± 0.03
Average 0.98± 0.01 0.95± 0.02 0.94± 0.07 0.96± 0.02
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Table 6.7: Model 2 Validation - Fitness Value
Low Medium High All
Subject 1 0.87± 0.04 0.61± 0.20 0.26± 0.76 0.60± 0.32
Subject 2 0.86± 0.13 0.75± 0.17 0.76± 0.09 0.77± 0.15
Subject 4 0.93± 0.01 0.68± 0.22 0.71± 0.26 0.73± 0.21
Subject 5 0.80± 0.15 0.65± 0.19 0.63± 0.12 0.67± 0.18
Subject 7 0.37± 0.16 0.72± 0.18 0.72± 0.23 0.67± 0.22
Subject 8 0.86± 0.06 0.39± 0.24 0.73± 0.12 0.50± 0.28
Average 0.78± 0.21 0.63± 0.13 0.64± 0.19 0.66± 0.09
Table 6.8: Model 2 Validation - Correlation Coefficient
Low Medium High All
Subject 1 0.99± 0.01 0.90± 0.12 0.60± 0.54 0.87± 0.21
Subject 2 0.99± 0.02 0.96± 0.05 0.97± 0.00 0.97± 0.04
Subject 4 1.00± 0.00 0.92± 0.12 0.94± 0.08 0.93± 0.11
Subject 5 0.97± 0.03 0.92± 0.07 0.92± 0.05 0.93± 0.06
Subject 7 0.77± 0.12 0.94± 0.07 0.94± 0.07 0.92± 0.09
Subject 8 0.99± 0.01 0.74± 0.26 0.96± 0.03 0.81± 0.24
Average 0.95± 0.09 0.90± 0.08 0.89± 0.14 0.91± 0.06
Table 6.9: Model 3 Validation - Fitness Value
Low Medium High All
Subject 2 0.40± 0.62 0.74± 0.25 0.42± 0.06 0.64± 0.31
Subject 5 0.82± 0.04 0.78± 0.19 0.88± 0.09 0.80± 0.16
Average 0.61± 0.30 0.76± 0.03 0.65± 0.33 0.72± 0.11
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Table 6.10: Model 3 Validation - Correlation Coefficient
Low Medium High All
Subject 2 0.58± 0.58 0.92± 0.16 0.81± 0.05 0.86± 0.25
Subject 5 0.98± 0.01 0.96± 0.08 0.99± 0.01 0.96± 0.07
Average 0.78± 0.28 0.94± 0.03 0.90± 0.13 0.91± 0.07
data set, accurate model predictions of the validation data indicates that the model
is both repeatable and generalizable. The tables of validation data all show that
the correlation coefficient values are consistently higher than the fitness values. This
occurs because the model prediction follows the trend of the experimental data, but
with small low-frequency oscillations. This results in the model being highly linearly
correlated with the experimental data, but has some error accumulation as the model
oscillates, as any deviation from the experimental data is penalized in the fitness
calculation, shown in Equation 6.2. This can be visualized in Figure 6.2 where the
experimental data and the simulation prediction of results with the highest correlation
coefficient from model 1 for low (left column), medium (center column), and high
(right column) stiffness perturbations for all subjects (rows).
6.4.2 Additional Considerations
6.4.2.1 Pole and Zero Locations
The location of the poles and zeros of the three models reveal additional insight about
the observed mechanism of inter-leg coordination. First, all of the poles are either
laying on or within the unit circle in the z-plane indicating that the system is not
unstable. Moreover, the pole locations are very similar across subjects (see Figure 6.3)
which indicates that the model, and therefore the contralateral response, is repeatable
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Figure 6.2: Experimental data and simulation prediction of results with the highest
correlation coefficient from model 1 for low (left column), medium (center column),
and high (right column) stiffness perturbations for all subjects (rows).
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Figure 6.3: Map of poles from model 1 for all subjects.
across subjects. This is another validation of the repeatable experimental results of
systematic increases in muscle activation for all subjects.
The poles and zeros are also similar across models (ie. phase of the gait cycle). A
map of all poles and zeros for all three models for subject 5 is shown in Figure 6.4,
with each model represented by a different color. There is very little change in pole
location, indicated by x’s and squares, but some movement in zeros from B(z). Of
special interest are the zeros from B(z) that lay on the real axis. The zero decreases
in magnitude from model 1 to model 3. In the step response, zeros lead to a change in
rise time and overshoot. Since the poles are in the same regions, but there is a change
in this zero, this indicates that within the series of linear models each model creates a
similar overall response (ie. evoked muscular activity), with a slightly different speed
of response.
6.4.2.2 Latency
The latency of response shown in Table 6.1 provides indications that the observed
evoked muscle activity is mediated by supraspinal structures. The minimum latency
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Figure 6.4: Map of roots of model polynomials for all three models for subject 5.
recorded for all subjects was 96.4 ms which is longer than the 50-80 ms latency that
would be seen for spinal reflexes (Darton et al., 1985; Yavuz et al., 2014). Moreover,
with average latencies greater than 125 ms, the results from this study suggest that
the response is mediated through supraspinal neural structures (Shemmell et al., 2009;
Zuur et al., 2009). This result agrees with the conclusion presented in Section 5.4
that the observed sensorimotor mechanism is modulated through the motor cortex.
6.5 Conclusions
In this chapter, a series of linear 4th order polynomial models with input delays
were created that accurately predicts the evoked contralateral muscle activity based
on the vertical deflection of the left walking surface. This model was also shown
to be similar across subjects. Additionally, a latency of response was observed that
provides support that the contralateral response to unilateral stiffness perturbations
is mediated through the brain. This model is foundational for model-based, predictive
and individualized robot-assisted gait therapy that utilizes this mechanism of inter-
leg coordination. This type of therapy would involve a brief training session in which
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a variety of timing and magnitudes of stiffness perturbations would be prescribed.
This data would then be used to fit the model parameters for the specific patient.
Then a therapy protocol could be designed in which perturbations are chosen and
tuned to facilitate desired therapeutic outcomes.
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Chapter 7
CASE STUDIES WITH HEMIPLEGIC WALKERS
The experimental results presented thus far have been with healthy subjects in or-
der to identify and model sensorimotor mechanisms of inter-leg coordination dur-
ing normal walking. As a major long-term objective of this research is to improve
robot-assisted gait therapy for impaired walkers by utilizing mechanisms of inter-leg
coordination, it is desirable to investigate the preservation of the identified sensori-
motor mechanism after neurological injury. In this chapter, three case studies with
hemiplegic walkers are presented.
7.1 Case Study I
7.1.1 Study Participant
The study participant was a 29 year old female (weight 123 lbs) who had an hem-
orrhagic stroke 5.5 years prior to this study. The cerebrovascular accident occurred
in the left hemisphere and resulted in right hemiparesis (dominant side). She has
received physical therapy and occupational therapy, which was first focused on re-
covering her right arm function. She has minimal voluntarily controlled activation
of her right TA, and no voluntary contraction of the other ankle muscles (i.e. GA
and SOL). However, the subject is ambulatory because the muscles work in synergy
such as when walking. A major impairment of the subject’s gait includes insufficient
activity in the right TA (which is the primary muscle creating dorsiflexion) in the
swing phase which results in decreased dorsiflexion. Insufficient dorsiflexion during
walking, referred to as drop-foot, is a problem that most impaired walkers suffer from,
and is the leading cause of after-stroke falls (Knutsson and Richards, 1979; Takebe
and Basmajian, 1976). The subject typically wears the NESS L300 Foot Drop System
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(Bioness Inc.) to reduce drop-foot while walking. However, she wears an articulated
ankle-foot orthosis (AFO) with a plantarflexion stop instead of the NESS L300 when
wanting better ankle stabilization when walking. The subject wore her AFO while
participating in this study.
7.1.2 Experimental Protocol
In order to investigate the existence of mechanisms of inter-leg coordination in this
hemiparetic walker, unilateral stiffness perturbations were induced using the VST in
the same manner as was described in Section 4.1.1. The subject participated in four
sequential trials with a brief (approximately 5 minute) rest break in between trials.
For all trials the subject was offloaded by 30% of her body weight to be consistent
with the experiments with healthy subjects previously presented (see Chapters 4-
6). In each trial she walked for approximately 7 minutes on the treadmill at a self
selected speed of 0.51 m/s. Again for consistency with previous experiments, the
right treadmill belt was not allowed to deflect for the duration of the experiment,
thus preventing any direct perturbation of the right leg. The surface underneath the
left leg was commanded to maintain a stiffness of 1 MN/m, which is very high and
considered to be rigid, for 30 gait cycles at the beginning of the experiment. Then,
after a random number n of steps, where n ∈ [4, 8], the stiffness was immediately
dropped to a constant value. The stiffness utilized in trials 1, 2, 3, and 4 were 80,
60, 40 and 20 kN/m, respectively. The low stiffness perturbation began shortly after
heel strike (approximately 125 ms) and lasted for the duration of the right leg stance
phase after which the stiffness was commanded back to 1 MN/m for the next n
number of steps. The subject experienced a minimum of 30 perturbations at each
level of stiffness. A picture of the subject experiencing a low stiffness perturbation
is shown in Figure 7.1. Informed consent from the subject was obtained at the time
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Figure 7.1: The subject experiencing a low stiffness perturbation to the left walking
surface.
of the experiment, and the experimental protocol is approved by the Arizona State
University Institutional Review Board (IRB ID#: STUDY00001001).
7.1.3 Data Collection and Processing
Kinematic data for both legs were obtained at 140 Hz using an infrared camera
system that tracked 12 infrared LEDs (6 on each leg) placed as pairs on the thigh,
shank, and foot. This data was also utilized in real time for timing of the stiffness
perturbation.
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The muscle activity of both legs were obtained using surface electromyography
(EMG) via a wireless surface EMG system (Delsys, Trigno Wireless EMG) and
recorded at 2000 Hz. Electrodes were placed on the tibialis anterior (TA), gastroc-
nemius (GA) and soleus (SOL) of both legs. Raw EMG signals were processed by
finding the moving root mean square envelope of each signal with a 250 ms window.
After computing the EMG linear envelope, the data were normalized to the maximum
value of that EMG signal.
The kinematic and EMG data corresponding to the gait cycles of normal con-
ditions and the cycles pertaining to the perturbations were found and normalized
temporally to percent gait cycle in order to eliminate discrepancies due to natural
variations in gait patterns (i.e. stride length, cycle duration, etc). The data of each
gait cycle was resampled at each 0.01% of the gait cycle (approximately 0.15 ms) dur-
ing the normalization to percent gait cycle. The first 30 gait cycles and the cycles in
between perturbations during the normal conditions are included in the unperturbed
data set. One gait cycle following a perturbation is not included in the unperturbed
set in order to eliminate any residual effects from the perturbation. This processing
results in normalized EMG signals as a function of percent gait cycle, where 0 and
100% correspond to the heel-strike of the left (perturbed) leg.
In order to evaluate the significance of recorded EMG responses when compared
to the normal condition, statistical significance was determined using an unadjusted
unpaired t-test at each time instance. The unpaired t-test was selected in this case
because it is a comparison of two independent distributions (i.e. gait cycles with and
without perturbation) which have similar variances but different sample sizes. Each
statistical test was performed at the 95% confidence level and any potential Type I
errors from tests being performed at each 0.01% of the gait cycle were eliminated by
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only concluding significance if at least 400 tests (i.e. 4% of the gait cycle) in a row
indicated significance.
7.1.4 Results
The results of this case study show that significant changes in contralateral muscle
activity can be evoked by unilateral perturbations to the stiffness of the walking
surface. The muscular response of the affected (unperturbed) leg to the low stiffness
perturbations of magnitudes 20 and 40 kN/m are shown in Figure 7.2. The normalized
EMG amplitude for the TA, GA and SOL (mean and standard deviation) for all gait
cycles pertaining to each of these two surface stiffness levels is shown. The data
are plotted as a function of the gait cycle percentage, where heel-strike and toe-off
of the right leg are indicated on the figure as HS and TO, respectively. Black bars
underneath an asterisk are included to indicate when statistically significant changes
are observed. An indication of the timing of the perturbation of the left walking
surface is also shown.
As indicated by the black bars in Figure 7.2, there are significant increases in
TA and GA activation during the swing and stance phases, respectively, for both
levels of stiffness. There was no evoked activation in any muscle for either the 60
or 80 kN/m stiffness levels, and therefore, are not plotted for simplicity. The most
significant result from this study is that there was muscle activity evoked in the paretic
leg, showing the existence of mechanisms of inter-leg coordination after neurological
injury. Moreover, the exact same result (i.e. increased TA activation during swing
phase) is shown from this study as was seen with healthy subjects (see Section 4.3).
This additional activation in the right TA also created significant dorsiflexion in the
right ankle, as shown in Figure 7.3. Moreover, there are also increases in hip flexion
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Figure 7.2: Averaged muscle activity of the unperturbed (affected) leg for a the
participating subject as function of percent gait cycle, where 0% corresponds to heel-
strike of the left (perturbed) leg. Plotted in rows from top to bottom are the nor-
malized TA EMG, normalized GA EMG, and normalized SOL EMG for two levels of
stiffness perturbation (20 and 40 kN/m), from left to right, respectively. Mean (darker
lines) and standard deviations (lightly shaded areas) values are shown. Statistically
significant changes are indicated by black bars placed beneath a black asterisk. Heel-
strike and toe-off of the right leg are indicated by HS and TO, respectively. The
duration of the gait cycle for this subject is approximately 1.4 s.
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Figure 7.3: Averaged kinematics of the unperturbed (affected) leg for a the partici-
pating subject as function of percent gait cycle, where 0% corresponds to heel-strike
of the left (perturbed) leg. Plotted in rows from top to bottom are the kip, knee, and
ankle angles for two levels of stiffness perturbation (20 and 40 kN/m), from left to
right, respectively. Mean (darker lines) and standard deviations (lightly shaded areas)
values are shown. Statistically significant changes are indicated by black bars placed
beneath a black asterisk. Heel-strike and toe-off of the right leg are indicated by HS
and TO, respectively. The duration of the gait cycle for this subject is approximately
1.4 s.
and knee flexion for this subject, which was also seen in Section 4.3 with healthy
subjects.
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7.2 Case Study II
7.2.1 Study Participant
The study participant was a 17 year old male (weight 155 lbs) who had an trau-
matic brain injury 18 months prior to the study. A left basal ganglia hemorrhage
with surrounding edema and left frontal hematoma resulted in hemiparesis in his
right (dominant) side. He demonstrates decreased right ankle dorsiflexion and uti-
lizes a right hip hike to clear his right foot during swing phase. He currently does not
use any assistive devices for walking.
7.2.2 Experimental Protocol
The experimental protocol and data collection for this study was the same as
presented in Case Study I (see Sections 7.1.2 and 7.1.3), with a few differences in
order to accommodate the preferences and needs of this subject. The subject did not
feel comfortable with the BWS and, therefore, walked with 0% BWS. The subject
wore the harness and was safely attached to the BWS system but was not offloaded
with any force. This subject only experienced perturbations at the 80 and 60 kN/m
stiffness levels. A picture of the subject experiencing a perturbation is shown in
Figure 7.4. Informed consent from the subject and his parents was obtained at the
time of the experiment, and the experimental protocol is approved by the Arizona
State University Institutional Review Board (IRB ID#: STUDY00001001).
7.2.3 Results
The results from this Case Study are similar to those from Case Study I (see
Section 7.1.4). This includes no significant contralateral response due to stiffness
perturbations of 80 kN/m, but significant TA activation and dosriflexion during swing
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Figure 7.4: The subject experiencing a low stiffness perturbation to the left walking
surface.
phase due to stiffness perturbations of 60 kN/m. The contralateral muscular and
kinematic response to the 60 kN/m stiffness perturbations is shown in Figure 7.5.
The data are plotted as a function of the gait cycle percentage, where heel-strike and
toe-off of the left leg are indicated on the figure as HS and TO, respectively. Black
bars underneath an asterisk are included to indicate when statistically significant
changes are observed.
The results of this experiment confirm the results presented in Case Study I, thus
providing additional support for the preservation of sensorimotor mechanisms of inter-
leg coordination after neurological injury. Moreover, the contralateral response of
increased TA activation and increased dosrsiflexion was consistent despite differences
between the subjects. A few of these differences include the time after injury, level
of impairment, and compensatory strategies. Therefore, this mechanism of inter-leg
coordination appears to be robust across injuries and level of impairment.
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Figure 7.5: Response the affected (unperturbed) leg for the participating subject
as function of percent gait cycle, where 0% corresponds to heel-strike of the left
(perturbed) leg. Plotted in rows from top to bottom are the normalized TA EMG,
normalized GA EMG, and normalized SOL EMG (left column) and hip, knee, and
ankle angles (right column). Mean (darker lines) and standard deviations (lightly
shaded areas) values are shown. Statistically significant changes are indicated by
black bars placed beneath a black asterisk. Heel-strike and toe-off of the right leg are
indicated by HS and TO, respectively. The duration of the gait cycle is approximately
1.8 s.
7.3 Case Study III
The case study presented here (up to the comparisons with the two previous
case studies) comes from sections of a publication in the proceedings of the 2016
International Conference of the IEEE Engineering in Medicine and Biology Society
(Skidmore and Artemiadis (2016b), c©2016 IEEE).
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7.3.1 Study Participant
The study participant was a 41 year old male (weight 175 lbs) who experienced a
traumatic brain injury at the age of 12. A 6-7 hour epidural arterial hematoma in the
right hemisphere resulted in hemiplegia. His left leg (non-dominant) is the affected
limb with gait impairments due to reduced motor control, limited range of motion,
and the chronic influence of spasticity.
7.3.2 Experimental Protocol
The experimental protocol and data collection for this case study was the same as
presented in Case Study I (see Sections 7.1.2 and 7.1.3), with one major difference.
Due to the fact that this subject’s affected limb is the left leg, and the VST system
currently can only adjust the stiffness of one treadmill belt (see Section 3.1.2), this
subject was required to walk on the treadmill facing the opposite direction than all
of the previous subjects. The direction of the treadmill belt motion is reversible so
he was able to walk forward, but was facing the opposite direction. A discussion of
the significance of the direction of walking will be given below in Section 7.3.3.
This subject participated in three sequential trials with a brief (approximately
5 minutes) rest break in between trials. For each trial he was offloaded by 30% of
his body weight and walked for approximately 7 minutes on the treadmill at a self
selected speed of 0.51 m/s. For this experiment the treadmill belt underneath his left
leg was not allowed to deflect and the perturbations were applied to the right walking
surface. As in previous experiments, the walking surface maintained a stiffness of
1 MN/m for 30 gait cycles at the beginning of the experiment and then, after a
random number n of steps, where n ∈ [4, 7], the stiffness was immediately dropped
to a constant value. The stiffness utilized in trials 1, 2, and 3 were 100, 80, and 60
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Figure 7.6: The subject experiencing a low stiffness perturbation to the right walking
surface (Skidmore and Artemiadis (2016b), c©2016 IEEE).
kN/m, respectively. The low stiffness perturbation began shortly after heel strike
(approximately 125 ms) and lasted for the duration of the right leg stance phase
(i.e. until toe-off) after which the stiffness was commanded back to 1 MN/m for
the next n number of steps. The subject experienced 30 perturbations at each level
of stiffness. A picture of the subject walking on the treadmill facing the opposite
direction and experiencing a low stiffness perturbation to the right walking surface
is shown in Figure 7.6. Informed consent from the subject was obtained at the time
of the experiment, and the experimental protocol is approved by the Arizona State
University Institutional Review Board (IRB ID#: STUDY00001001).
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7.3.3 Results
The results of the experiment show significant changes in evoked contralateral
muscle activity of the left leg in response to the low stiffness perturbations to the right
walking surface, again showing the existence of mechanisms of inter-leg coordination
after neurological injury. The muscular response of the affected (unperturbed) leg for
all levels of stiffness for the impaired walker is shown in Figure 7.7. The normalized
EMG amplitude for the TA, GA and SOL (mean and standard deviation) for all gait
cycles pertaining to each surface stiffness is shown. The data are plotted as a function
of the gait cycle percentage, where heel-strike and toe-off of the left leg are indicated
on the figure as HS and TO, respectively. Black bars underneath an asterisk are
included to indicate when statistically significant changes are observed.
The first thing to notice from Figure 7.7 is that the subject’s muscle activations
do not match that of what would be expected for normal human gait (Perry, 1992),
confirming an impaired gait. Specifically, the GA is only active for a brief period of
time. In healthy subjects, the GA is active with increasing amplitude throughout the
stance phase, whereas this subject shows only brief activation at the beginning of the
stance phase. Moreover, the SOL activity in this subject shows irregular fluctuations
in the average muscle activation during the stance phase whereas normal muscle
activity for healthy subjects is a smooth curve when averaged over several gait cycles.
The most significant result of this case study is that sudden changes in unilateral
stiffness of the walking surface evoke significant changes in contralateral GA activity.
As indicated in Figure 7.7, the increased GA activity in the affected leg occurred
during the early stance phase of the gait cycle when the subject’s GA was active
during normal walking. This result (i.e. low stiffness perturbations only evoking
muscle activity in muscles when normally active) agrees with the results presented
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Figure 7.7: Averaged muscle activity of the unperturbed (affected) leg for a the
participating subject as function of percent gait cycle, where 0% corresponds to heel-
strike of the right (perturbed) leg. Plotted in rows from top to bottom are the nor-
malized TA EMG, normalized GA EMG, and normalized SOL EMG for each level of
stiffness perturbation (60, 80, and 100 kN/m, from left to right, respectively). Mean
(darker lines) and standard deviations (lightly shaded areas) values are shown. Statis-
tically significant changes are indicated by black bars placed beneath a black asterisk.
Heel-strike and toe-off of the left leg are indicated by HS and TO, respectively. The
duration of the gait cycle is approximately 1.6 s (Skidmore and Artemiadis (2016b),
c©2016 IEEE).
previously with healthy subjects (see Section 5.3.2). Moreover, the significant changes
in GA activity are only seen for the 60 and 80 kN/m perturbations, but not for the 100
kN/m perturbation. This agrees with the result from Case Study I in which significant
changes in muscle activation were only seen for the lower stiffness perturbations (see
Section 7.1.4). This suggests that a certain threshold of perturbation magnitude
must be reached before significant evoked response will be seen. With higher stiffness
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perturbations there will be less deflection under the load of the subject, leading to
smaller changes in sensory feedback and, therefore, a minor contralateral response.
An interesting difference in the results from this case study compared to all pre-
vious experiments is the significant decrease in TA EMG at the 60 kN/m level. This
mostly likely results from the fact that this subject was walking while facing the
opposite direction than all other subjects. In general, the walking direction should
not have any influence when walking on a compliant surface; however, the unique
characteristics of the VST make the walking direction an important experimental
parameter.
First of all, since the treadmill belts of the VST system deflect rotationally instead
of vertically, the relative inclination of the treadmill to the subject’s leg will impact
the ankle angle. Since the foot contacts the walking surface over an area (as opposed
to point contact), walking while facing the pivot point of the treadmill belt will
create a dorsiflexion perturbation while walking away from the pivot point will create
a plantarflexion perturbation, even for the same vertical deflection of the treadmill at
the center of pressure of the foot. An illustration of this concept is shown in Figure
7.8.
Figure 7.8: Illustration of the impact of the walking direction on the VST. Walking
while facing the pivot point of the treadmill belt will create a dorsiflexion perturbation
(left) while walking away from the pivot point will create a plantarflexion perturbation
(right).
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Secondly, the location of the foot on the treadmill will impact the angular de-
flection of the treadmill. In the VST system, the vertical stiffness, as opposed to
rotational stiffness, is controlled. Therefore, for a constant force and a given stiffness
level, the vertical deflection at the point of the applied force will be the same. How-
ever, the rotational deflection of the treadmill will vary depending on the location
of the applied force. Therefore, a stiffness perturbation that is commanded to begin
shortly after heel-strike will create different angular deflections of the treadmill if
heel-strike occurs close to the pivot point (left facing walking) or far away from the
pivot point (right facing walking). An illustration of this concept is shown in Figure
7.9.
Figure 7.9: Illustration of the impact of location of an applied force on the treadmill.
An applied force (F) will create a vertical deflection (∆y) independent on the location
of the applied force for a compliant surface. However, the angular deflection of the
treadmill will vary depending on the location of the applied force.
7.4 Clinical Implications
The results of these case studies suggest that mechanisms of inter-leg coordination
remain intact after neurological injury and can be stimulated through low stiffness
perturbations (Skidmore and Artemiadis (2016b), c©2016 IEEE). This result, in com-
bination with the results from experiments with healthy subjects, has strong poten-
tial for medical application in a novel approach to robotic gait therapy for hemiplegic
walkers in which therapy is provided to an impaired leg through physical interaction
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with the healthy leg (Skidmore and Artemiadis (2015b), c©2015 IEEE). Of special
interest is the fact that muscular activity was evoked in the paretic TA of two of
the hemiplegic walkers during swing phase by altering the surface stiffness below the
healthy leg. As mentioned in Section 7.1.1, a main deficiency in stroke survivors and
other neurologically impaired walkers is insufficient TA activity during swing phase
which leads to decreased dorsiflexion and greater risk for falls. The fact that TA acti-
vation was evoked (resulting in increased dorsiflexion) in two subjects who experience
drop-foot suggests the feasibility of a solution to drop-foot by altering the stiffness of
the walking surface underneath the healthy leg in hemiplegic gait.
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Chapter 8
CONCLUSIONS
The objective of this research was to identify and model mechanisms of inter-
leg coordination in human gait by applying unilateral perturbations to the walking
surface stiffness, with the end goal of improving gait rehabilitation for hemiplegic
patients. The identification and modeling of sensorimotor mechanisms of inter-leg
coordination, such as was described in this dissertation, can revolutionize current ap-
proaches to gait therapy. As opposed to simply automating traditional gait training
approaches, such as is implemented by current robotic interventions, providing ther-
apy through sensorimotor mechanisms of inter-leg coordination may be more effective
at providing needed improvements in gait rehabilitation.
Indeed, the results of this dissertation can be disruptive from a clinical perspective.
Studies with healthy and impaired subjects suggest that unilateral perturbations to
the stiffness of the walking surface evoke muscle activation in the contralateral leg
that is mediated through the motor cortex. Of special interest are the results of this
dissertation that show increased activation of the unperturbed tibialis anterior (TA)
during the swing phase of gait in both healthy and hemiplegic walkers. A main defi-
ciency in stroke survivors and other neurologically impaired walkers is insufficient TA
activity (which is the primary muscle creating dorsiflexion) in the swing phase which
results in decreased dorsiflexion. Insufficient dorsiflexion during walking, referred to
as drop-foot, is the leading cause of falls post-stroke (Knutsson and Richards, 1979;
Takebe and Basmajian, 1976). The results of this dissertation suggest the feasibility
of a solution to drop-foot by altering the stiffness of the walking surface underneath
the healthy leg in hemiplegic gait. This overall approach of providing therapy to the
impaired leg by only physically interacting with the healthy leg provides the advan-
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tage over current rehabilitation protocols of the safety of the patient since there is no
direct manipulation of the paretic leg (Skidmore and Artemiadis, 2016a).
Future research will include further development of this novel approach to robot-
assisted gait therapy by investigating the effect of repeated perturbations (i.e. a
change in walking surface stiffness during every gait cycle) in both healthy and im-
paired populations. Additionally, research into the effect of long-term therapeutic
interventions (i.e. repeated gait training sessions over several weeks with impaired
walkers) with the proposed methodology will be pursued.
In summary, gait therapy techniques that are more effective in facilitating neuro-
rehabilitation than current approaches will improve the lives of millions of individuals.
The methods and results presented in this dissertation are unique and foundational
to the development of robotic interventions in gait therapy that utilize sensorimo-
tor mechanisms of inter-leg coordination. Therefore, this research may facilitate a
paradigm shift in robot-assisted gait therapy.
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